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ABSTRACT 
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Advisor(s): 

Dr. Scott Brandon 

While recreational running is popular, changes in tibiofemoral contact location after ACL 

injury can lead to early-onset knee osteoarthritis. Current treatments of bracing and 

reconstructive surgery do not fully restore tibiofemoral contact to pre-injury locations 

and, therefore, do not prevent early-onset osteoarthritis.  This thesis investigated 

whether contact could shift back towards healthy, pre-injury locations by modifying a 

runner’s kinematics. One hundred running styles, with corresponding ground reaction 

forces, were synthesized using a Principal Component Analysis (PCA)-based 

regression model constructed from an existing running dataset.  Tibiofemoral contact 

mechanics were estimated using the Concurrent Optimization of Muscle Activations and 

Kinematics (COMAK) approach with an ACL-deficient musculoskeletal model. 

Compared with baseline case with unaltered pre-injury kinematics after ACL rupture, 

several of the synthesized trials reduced deviation on contact relative to a healthy, pre-

injury simulation. This study shows that in-vivo investigation should be done to study the 

effects of kinematics modifications on TF contact. 
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 Introduction 

The knee joint, while commonly perceived as a simplified hinge joint, has 12 degrees of 

freedom (DOF). It can rotate and translate in all dimensions (anatomical reference 

terms are described in Appendix A - Figure 6-1) for both the tibiofemoral (TF) joint as 

well as the patellofemoral (PF) joint. However, 11 DOF are severely restricted due to 

the presence of ligaments, menisci, and muscle activity that constrain most motions 

excluding tibiofemoral flexion/extension, which has a much larger range of motion and is 

driven by muscle activity.  

The knee is a very common site of many different types of injuries. One of the most 

common experienced both inside and outside of athletics is anterior cruciate ligament 

(ACL) rupture [1]. The ACL prevents excessive anterior translation of the tibia with 

respect to the femur and provides stability for the knee joint. Anterior cruciate ligament 

ruptures often occur in sports that involve a lot of cutting motions and the risk of injury 

increases with age as the mechanical properties of ligaments have been found to 

weaken over time, with stiffness reducing by approximately 25% at ages >60 [2]. Once 

a person tears their ACL, knee kinematics are altered due to the missing constraining 

ligament, which can have an impact on cartilage health [1].   

The articulating surfaces of the knee are lined with articular cartilage to absorb shock 

and reduce friction [3]. The cartilage requires consistent mechanical loading to preserve 

its structural properties. During activities of daily life, the components of the knee, 

including ligaments, menisci, and bone geometry, confine contact to defined areas of 

the cartilage. Therefore, certain areas of cartilage are conditioned to support 
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compressive loads while other areas are conditioned to support more tangential loads 

[4]. When a region of cartilage experiences irregular loads that it is unable to support, as 

occur post-ACL rupture, damage occurs [3].  

1.1 Motivation 

Running is a widely popular activity done by people of all ages whether it be for exercise 

or as a part of a sport. The running gait cycle can be split into stance (load bearing) and 

swing (non-load bearing) phases (Figure 1-1).  Unfortunately, if a person experiences 

structural damage at the knee joint, continuing to run may lead to knee cartilage 

damage even if the person undergoes reconstructive surgery to repair the injury [5], 

which is a common treatment for ACL ruptures [5]. Because the knee is stabilized by a 

network of ligaments and cartilage, when one of these components is damaged, most 

frequently the ACL, the motion within the knee is altered. While deviations in knee 

translations and rotations may be miniscule (on the scale of millimeters) they can have 

a drastic impact on knee joint health.  
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Figure 1-1 Running gait cycle phases.  The stance phase occurs when the foot (dark leg) contacts 
the ground and the swing when the foot is off the ground. Swing makes up the majority of the 
running gait cycle.  

Evidence shows that an estimated 50% of patients show radiographic evidence of knee 

osteoarthritis (KOA) 10 to 15 years post ACL reconstruction surgery, suggesting either 

that irreversible damage was inflicted during the ACL rupture event, or that the 

mechanical contribution of the ACL is not restored by surgery [6]. Many patients hope to 

return to similar levels of activity post-injury but may be deterred by the increased risk of 

developing early onset osteoarthritis. Unfortunately, from injury to operation, the entire 

process often takes over a year to be completed in Canada, even before the post-

operation physiotherapy. This is not ideal for the patient, of course, but also refraining 

from activity can have detrimental effects on the joint cartilage, cardiovascular health, 

and overall muscle mass.  

Research has found that moderate loading is required to maintain healthy articular 

cartilage in joints [7]. However, deviations in joint loading location, which occur when 

ligaments are injured, also results in cartilage damage [7]. If research could find a way 
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to restore contact location to pre-injury paths and maintain similar contact pressures, 

patients should be able to continue to run while waiting to undergo reconstructive 

surgery or could potentially prevent the need for surgery if patients do not intend to 

return to high risk activities.  

Current ACL rupture treatment methods with the goal of restoring knee contact include 

reconstructive surgery, bracing, altering neuromuscular control, and modifying 

kinematics. While reconstructive surgery is able to restore knee stability, it is invasive, 

unable to completely restore knee contact location, and does not show evidence of 

preventing early KOA [6]. Bracing provides a non-invasive alternative to attempt to 

restore kinematics; however, braces are expensive, and the effects are limited due to 

the deformation of soft tissue [8]. Another alternative is changing muscle control, which 

has been unsuccessful thus far despite research finding connections with hamstring 

activation and ACL deficient (ACLd) knee stability [9]. Finally, alterations to kinematics, 

specifically step rate in running, have been studied and found to successfully change 

knee contact loading [10].  

However, this previous research has primarily focused on modulating contact load 

magnitudes and has not yet investigated the restoration of contact location by modifying 

kinematics. Tibiofemoral contact location is the important feature that needs to be 

restored to prevent cartilage damage in a compromised knee. If knee contact location 

could be restored by something as simple as changing the way a person runs (i.e. 

running kinematics, or style), patients would be inclined to make these adjustments to 

avoid causing cartilage damage whether it be from lack of mechanical loading or altered 
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loading paths. Unfortunately, having a patient test-run many different ways in order to 

study contact location is potentially dangerous and could cause further damage. 

Therefore, the running styles must be simulated to safely analyze and determine 

whether contact can be restored or at least shifted back to conditioned cartilage regions.  

1.2 Objectives & Hypothesis 

The objective of this research was to study whether changing running kinematics could 

restore knee contact location post-ACL rupture. The specific aims of this research were 

to: 

1. Develop a method to synthesize realistic full body running kinematics and 

ground reaction forces  

2. Identify running kinematics that minimize the deviation of tibiofemoral contact 

location and magnitude in ACLd versus healthy, baseline knees 

It was hypothesized that model-predicted knee contact location can be shifted back 

toward pre-trauma locations by altering running kinematics.  
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 Literature Review 

2.1 Background 

2.1.1 Knee 

While the human knee is commonly perceived as a hinge joint both conceptually and in 

modelling, in actuality, it has 12 DOF that are constrained by the presence of ligaments 

(Figure 2-1). The primary ligaments of the knee occur in pairs that act on opposite sides 

of the knee; these pairs include the medial and lateral collateral ligaments (MCL and 

LCL), and the anterior and posterior cruciate ligaments (ACL and PCL). The 

combination of these four ligaments, along with the medial and lateral menisci, restricts 

the primary motion of the knee to mainly flexion and extension. The meniscus is an 

important structure within the knee because it helps provide stability and prevent stress 

concentrations on the cartilage. The ACL connects the posterior side of the femur to the 

anterior of the tibia to stabilize the knee by preventing dislocation caused by excessive 

anterior tibial translation (ATT). While preventing ATT is the primary function of the ACL, 

it also helps to stabilize the knee by resisting both internal and valgus rotation [2]. This 

restriction causes the knee to articulate along a defined path of cartilage that is 

conditioned to support the loads experienced throughout the various activities. 
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Figure 2-1 Knee anatomy. Anterior (frontal) view. The femur and tibia bones are separated by 
articular cartilage lining each bone’s articulating surfaces. While the primary motion of the knee 
joint is flexion/extension due to the stability provided by the 4 primary ligaments (circled), the 
joint is also able to rotate and translate minimally in other directions. Menisci are located on the 
medial and lateral tibial plateaus and assist with pressure distribution and stability. [11] 

2.1.2 Cartilage in the Knee 

Articular cartilage lines the contacting surfaces in the knee joint and is a biphasic 

material which is approximately 80% liquid and 20% solid, comprised of collagen and 

proteoglycans [3]. The fluid component takes on most of the force when initially loaded 

using hydraulic pressure [3]. In transient conditions such as running or walking, while 

hydraulic pressure dominates initial load support, the collagen fibers help to support a 

substantial portion of the transient load [3]. The cartilage responds to compressive and 

posterior  
cruciate  
ligament 

anterior  
cruciate  
ligament 

Femur 

Femur 

Tibia 
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shear applied loads by increasing the number of extracellular matrix components [12]. 

Collagen fibers in the knee cartilage are found to be organized in accordance to the 

loads they often experience; fibers in the central, more compressively loaded regions 

are less organized and fibers in the tensile- and shear-loaded peripheral regions are 

oriented more tangential to the surface (Figure 2-2) [4]. 

The articular cartilage lining the TF contact area promotes smooth motion due to its 

friction-reducing and shock-absorbing properties and it is adapted to the chronic loading 

of common motions such as walking and running [13]. Knee cartilage thickness varies 

between people, but healthy subjects are found to have thicker cartilage in contact 

areas that bear greater proportions of loads during gait [14]. When loading occurs in a 

healthy knee, the contact locations are conditioned for high pressures; however, once 

the contact is shifted to a different location, unconditioned cartilage is suddenly 

subjected to loads greater than it can withstand (Figure 2-2) [14]. This leads to 

fibrillation, which is the first step towards osteoarthritis where cartilage softens and small 

vertical splits begin to form [13]. 

Healthy cartilage develops to support loads that it frequently encounters with collagen 

oriented more randomly in areas where high compressive loads are experienced and 

more parallel in areas of tensile loads (Figure 2-2) [13]. The collagen orientation is 

important to ensure it is able to support the loads applied. However, once the knee is 

structurally compromised, specifically ACL deficient, the contact location is shifted due 

to the lack of anterior tibial translation constraint. Now, large compressive loads have 

shifted to areas where collagen is oriented tangentially to support tensile loads, and 
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tensile loads are applied to regions that were developed to support compressive loads 

(Figure 2-2) [13]. Because this happens so quickly with the injury, the cartilage is unable 

to adapt to the new loading conditions. Once damage occurs in the cartilage, it 

continues to rapidly progress because the articulating surfaces are no longer smooth, 

eventually leading to osteoarthritis [14]. 
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Figure 2-2 Progression of healthy cartilage to osteoarthritic. Reproduced with permission from 
[13] 
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While each person’s tibiofemoral cartilage contact location throughout gait is different, it 

is not deviation from an overall “best” path that is believed to cause damage but rather 

deviation from everyone’s customary contact path [7]. Damage can occur from trauma, 

wear and tear, or lack of use [15]. Cartilage is different from other body tissues as it 

does not have a blood supply, which makes healing a very slow process. Once damage 

begins to occur, common treatments include exercises, anti-inflammatory drugs, and 

steroid injections; however, these treatments are only for the symptoms that accompany 

cartilage damage (swelling, pain) [16]. After significant damage, surgical intervention is 

commonly used to smooth the surfaces, trigger new cartilage growth, replace damaged 

areas with healthy cartilage from another site, or to remove a small piece of cartilage to 

be used to grow more cells in a laboratory and then implant the new cells [16].  

2.1.3 Anterior Cruciate Ligament Injury and Osteoarthritis 

Osteoarthritis (OA) in the knee is a very common disease and affects 10% of men and 

13% of women aged >60 [15]. Its mechanism is the degradation of articular cartilage 

and symptoms include varying levels of pain and stiffness in the joint. Osteoarthritis is 

diagnosed symptomatically and confirmed radiographically and labelled using the 

Kellgren and Lawrence grading system [17]. Treatments can only help to delay OA 

progression, and cannot “cure” the disease. Once a patient is in late stage OA, the sole 

solution is total knee arthroplasty (TKA), which should be delayed until later in life (>60 

years old) if possible as the risk of requiring revision surgery at some point post-TKA is 

greater for those who receive the implant earlier in life [18].  
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A common instigator of knee osteoarthritis is trauma to the knee joint, and this division 

of OA is called post-traumatic osteoarthritis [19]. The most frequent knee injuries 

include ACL strains and tears (Figure 2-3), of which 100,000-200,000 occur annually in 

the United States alone [20]. Knee osteoarthritis is found to be present, 10 to 20 years 

post trauma, in 50% of patients with damage to both ACL and meniscus structures [1]. 

There is evidence that undergoing reconstructive surgery does not reduce the chances 

of experiencing early onset OA [1]. Seventy percent of ACL injuries in the United States 

occur in sports, showing that it is an injury commonly found among the younger and 

more active population [21]. After recovery, many of these patients wish to return to 

activity, but because the ligamentous restrictions within the knee joint are altered, 

cartilage damage is probable. 

 

Figure 2-3 Anterior cruciate ligament tear diagram.  Sagittal view from the lateral side of the right 
knee. When the ACL is torn, anterior tibial translation is no longer limited.[22]  
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2.2 Intact vs Injured Knee Mechanics 

In order to understand how to restore TF contact location, it is necessary to first quantify 

intact knee mechanics and understand how they change when the ACL is ruptured. The 

mechanics consist of the secondary knee kinematics (degrees of freedom other than 

primary TF flexion), the forces applied within the knee, and the knee contact 

geometries. While this research focusses on the impact of ACL deficiency in running TF 

contact location, it should be noted that the meniscus functionality is also affected by 

ACL deficiency. It is important to understand roles they both play in the mechanics of 

both healthy and injured knees. Cadaveric research and static in-vivo studies help to 

inform how knee functionality changes with ACL and ACL/meniscus deficiencies [23].   

Scarvell et al. [24] used MRI to study how the in-vivo tibiofemoral flexion axis changes 

with ACL deficiency (Figure 2-4). For the intact knee, it was observed that during knee 

extension, tibiofemoral contact was anterior and during flexion, the medial and lateral 

contact moved posterior when the knee was extended (Figure 2-4A) [24]. When 

examining the injured ACL deficient knee, similar motions were observed, however, the 

femoral condyles were contacting the tibial plateau significantly more posterior for the 

ACLd (Figure 2-4B) compared to the healthy knee (Figure 2-4A) [24]. Posterior femoral 

contact shifts of up to 9.7mm and 9.5mm in the medial and lateral compartments for the 

ACL deficient case were observed compared to the healthy knee [24].  
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Figure 2-4 Tibiofemoral contact (in-vivo) and flexion facet centre for healthy and ACL deficient 
knees. MR images of the knee were recorded from 0 to 90 degrees flexion with 150N compressive 
loading. The flexion angle is listed on the end of each line that represents the flexion axis at that 
angle. Reproduced with permission from [24].  

Similar findings were observed by Karrholm et al. [25] where two cadaveric knees were 

tested at 30 degrees flexion with an anterior load of 150N applied to the proximal tibia.  

Knees were first tested intact and then with the ACL sectioned. It was found that ACL 

deficiency caused a posterior shift in contact, specifically 9mm anterior tibial 

displacement, and the internal rotation decreased from 8.2 degrees for the intact knee 

with applied load to 1 degree in the deficient knee [25]. This shows that when the ACL is 

intact, the anterior tibial translation degree of freedom is stiffer than the internal rotation 

degree of freedom. Alternatively, once the ACL is gone, the ATT degree of freedom is 
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more lax than the internal rotation, and therefore, the load causes significant anterior 

tibial translation. This effect could be due to the menisci functionality changing when the 

ACL is removed [23].  

The menisci are cartilage structures located on the tibial plateau that help to stabilize 

the knee joint using the geometry of the articulating surface (Figure 2-1). The menisci 

also contribute to passive stability;  when a knee is menisci-deficient and unloaded, 

anterior-posterior (AP) tibial displacement has been found to increase by 24-43% at full 

extension compared to an intact knee [26], [27].  When cruciate ligaments are 

damaged, the functionality of the menisci changes and they assist in preventing 

excessive anterior tibial translation. In-vitro testing done by Levy et al. [23] found that a 

meniscectomy on an ACL-intact knee causes insignificant anterior tibial displacement 

when the unloaded knee is flexed to 30, 60, and 90 degrees. It was also discovered that 

if the ACL was cut first, a medial meniscectomy significantly increased tibial translation 

by up to 58% [23]. While these tests were done without loading the knee compressively, 

the menisci have been found to be able to resist relatively low anterior forces but will 

incur damage when loaded with anterior force magnitudes of >200N, which are often 

present in strenuous activities [28]. Thus, since the meniscus is also damaged 

concurrently with ACL ruptures, and since the meniscus contributes significantly to knee 

translation and internal rotation, it is integral to model the meniscus when studying the 

secondary (i.e. non-flexion) kinematics of the knee.  

While cadaveric studies are informative, this information cannot be directly applied to 

estimate in-vivo tibiofemoral kinematics because these studies do not include muscle 
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forces applied to the tibia and femur. In general, human motion kinematics are captured 

using optical motion capture systems with skin-mounted reflective markers [29]. 

However, collecting in-vivo secondary knee kinematic data is challenging. Secondary 

(i.e. non-flexion) TF bone motions are relatively small, and the use of skin-mounted 

markers introduces significant error due to the deformable soft tissue layer between the 

bone and the marker [30].  Thus, skin-mounted optical motion capture is not a robust 

option for quantifying dynamic three-dimensional TF kinematics. 

Alternatively, secondary knee kinematics can be measured using more invasive 

techniques including bone-pin motion capture and medical imaging (MRI, fluoroscopy). 

Bone-pin motion capture uses the same technology as the skin-mounted motion capture 

but the markers, rather than being placed on the skin, are fixed to rods directly attached 

to the bone, for example [30], [31]. This removes the skin-motion artifact but is not a 

common practice as it is invasive and uncomfortable. Medical imaging is the other 

method to record TF kinematics. Generally, MRI cannot record dynamic trials, and 

therefore, is most beneficial when the data is being collected statically at set intervals of 

knee flexion with smaller ranges of motion due to the limitation of bore size, as done in 

[24]. This study found that TF contact shifts approximately 1cm posteriorly with ACLd 

knees and that the flexion axis changes [24]. Fluoroscopy is dynamic and able to 

capture many frames throughout a motion, finding that increased passive anterior knee 

laxity is related to an increased risk of ACL injury [32]. However, it is unable to collect if 

another body segment is obstructing the view on either side of the knee and therefore is 

unable to record a full gait cycle. The medical images collected from MRI or fluoroscopy 

are then digitized and used to estimate TF kinematics. While these imaging methods 
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are quite accurate, they are expensive, challenging to access, and have their limitations 

that require research to find an alternative way to obtain secondary joint kinematics for 

motions.  

Medical imaging, although not ideal for collecting secondary kinematics, is a helpful tool 

for digitally reconstructing the geometries of the articulating surfaces within the knee. 

These data are necessary to predict the contact that occurs in the knee joint and to 

estimate the pressure distribution on the contact area. Images are often collected using 

MRI or CT scans and then digitized and converted to 3D femur and tibia mesh files 

used to estimate contact. The geometry of these surfaces is important to determine the 

contact area, which is used to estimate pressure, the final component required to study 

knee mechanics. Tibiofemoral contact is calculated using an elastic foundation model 

that determines pressure as a function of interpenetration of the articulating cartilage 

surfaces [33]. 

2.3 Current Anterior Cruciate Ligament Rupture Treatments 

Current ACL injury solutions aim to restore knee contact and stability using conservative 

bracing and immobilization/ rehabilitation programs as well as more invasive 

reconstructive surgeries. The main goal of the treatment of a torn ACL is to stabilize the 

knee and prevent dislocation that would cause further damage to other structures in the 

knee. The doctor makes the decision as to whether the patient will undergo surgery or 

be treated with conservative methods. Bracing is beneficial because it is non-invasive, 

has a shorter wait time compared to reconstructive surgery, and allows patients to 

complete a rehabilitation program that could potentially improve the condition of the 
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knee to a point where the brace is not always necessary. Certain doctors choose to 

avoid prescribing bracing and immobilization and begin immediately with tailored 

rehabilitation programs to avoid scar tissue buildup in the joint which can lead to loss of 

range of motion [34].  

Conversely, surgery is often chosen when the patient is young and active and intends to 

continue their previous lifestyle that likely includes higher risk activities [34]. When 

surgery is necessary, a ruptured ACL can be reconstructed as either a single bundle or, 

as it existed originally, a double bundle. The double-bundle reconstruction surgeries 

have been found to improve functionality and enhance rotational stability [35]. For 

partial tears, although not clinically implemented yet, research is studying the option of a 

selective or partial reconstruction that would allow intact fibers to be augmented, thus 

preserving the vascularity and proprioception inherent in the original ligament [36]. 

Unfortunately, while these surgeries aid in preventing knee dislocation, they don’t show 

evidence of preventing early onset of knee osteoarthritis [13].  

After ACL injury, many patients require reconstructive surgery because they experience 

knee instability during common activities post ACL rupture. While reconstructive surgery 

does help with this stability problem, it doesn’t restore knee contact location [6][37]. 

Tashman et al. [37] found that the reconstructive surgery did not restore rotational 

stability, and while ATT was mostly restored 5 months post-surgery, the graft was found 

to weaken and ATT had increased 1 year post surgery. Therefore, a way to restore 

tibiofemoral contact paths is still required in order to prevent early KOA.   
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In the case of post-traumatic OA caused by ACL damage, there are two areas where 

research is focusing on finding a solution without requiring surgical intervention. The 

first is attempting to prevent the injury from happening in the first place, often through 

neuromuscular or proprioceptive training to improve subject awareness of knee position 

[38]. The second occurs after the injury and focusses on restoring knee loading, mainly 

contact location, during common activities [39]–[41]. To study the restoration of contact 

location, musculoskeletal modelling provides an invaluable tool for analyzing and 

visualizing forces within the body and allowing many simulations to be run on a model 

representing an injured patient without having to record multiple trials of experimental 

data.  

Previous attempts to restore knee contact location post-ACL rupture have been made 

with little success. Musculoskeletal modelling has been implemented to study whether 

the loading pattern can be restored during walking by altering muscle activations but 

maintaining original kinematics [39]. The motivation behind the study was that a subset 

of ACL deficient subjects, referred to as “copers,” appear to stabilize the knee by 

altering neuromuscular activity. Additionally, it has been found that increased hamstring 

activity reduces loading on the ACL [9]. However, simulations found that altering 

neuromuscular control, alone, was unable to restore knee contact location post-ACL 

rupture in gait [39].  

The alternative of modifying kinematics by controlling step rate in running was 

investigated and found to have an effect on tibiofemoral contact force [41]. This 

research did not study particular DOF adjustments but rather gave subjects a step rate 
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to maintain that was slightly faster than their original rate, therefore reducing step length 

to achieve a constant speed, and found that ground reaction forces were reduced [41]. 

The joint positions can play a large role in how forces are distributed within and between 

joints and therefore, more detailed kinematic modifications should be studied. While 

tibiofemoral contact location was not specifically estimated, the ground reaction forces 

play a large role in TF contact.  

2.4 Musculoskeletal Modelling  

Recording in-vivo data is not always feasible as it is expensive, difficult to monitor, and 

often invasive if instrumented implants must be introduced to the body. Musculoskeletal 

modelling is a useful alternative to in-vivo measurements that allows analyses to be 

performed on a musculoskeletal model scaled to represent a subject. This is helpful for 

studying the differences between intact and ACL deficient knees because it is 

potentially dangerous to have a patient with a damaged ACL record experimental data 

and put themselves at risk for progressing damage.  

2.4.1 Musculoskeletal Models  

A musculoskeletal model is a computational model (Figure 2-5) that describes how body 

segments move together. Models can be developed with various depths of detail 

ranging from some very basic models with 1-DOF joints and actuators, to very detailed 

models with 6-DOF joints, muscles, tendons, ligaments, and MRI-designed structures. 

Soft tissues are often omitted due to the challenge of accurately defining their properties 



 

21 

and geometry, as well as the difficulty of measuring accurate experimental soft tissue 

data to validate or constrain the model.  

 

Figure 2-5 General OpenSim model example [33]. Bones are rigid bodies, muscle lines of action 
are represented in red, and ligaments are represented in green. 

While musculoskeletal models provide valuable insight to how forces affect the body, 

there are several intrinsic limitations that require researchers to interpret the observed 

results with caution and conservatism. The many properties associated with different 

components of the model are challenging to accurately represent for each subject, as 

properties such as muscle insertion sites and muscle strength are difficult to measure, 

and time consuming to record and implement for the entire body. Models are helpful 

because they can be scaled to representative subjects and they allow detailed analyses 
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to be carried out on a virtual body that would be invasive, unsafe, and unethical to be 

studied in-vivo. While some of these tests cannot be studied in-vivo, it is important to 

validate model simulation findings (kinematics, muscle forces, etc.) in-vivo once safe 

solutions are determined from the simulation. Modelling can be used to complete a 

variety of analyses to estimate inverse dynamics, muscle activations, metabolic cost, 

and joint contact forces, among other things. Solving musculoskeletal models is not as 

simple as determining the torque applied at each joint to carry out the kinematics, but 

rather quite challenging due to the muscle redundancy problem in the human body. 

Each degree of freedom is not controlled by a single muscle making the process of 

estimating each muscle force difficult.  

One of the most common methods to solve the muscle redundancy problem is static 

optimization; however, there are other methods that are common alternatives 

implemented to solve musculoskeletal models including computed muscle control 

(CMC) [42], EMG-driven [43], or the Concurrent Optimization of Muscle Activation and 

Kinematics (COMAK) tool [44].  Static optimization solves the muscle forces of the 

model at each individual timestep of the trial while minimizing a cost function, such as 

the sum of squared muscle activation. While this method is generally more 

computationally efficient than alternative algorithms, error is introduced as each frame is 

solved individually with no consideration of previous muscle activation states. Computed 

muscle control (CMC), on the other hand, solves a dynamic model by optimizing muscle 

activations that will drive the model to complete the input trajectory while considering 

model states at previous time steps. This method includes important dynamic 

components, but is sensitive to the model properties, is computationally costly, and 
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often the passive muscle forces are overestimated which are then compensated for by 

larger muscle coactivation [45].  EMG-driven models use input muscle activations to 

solve for kinematics of the motion. Unfortunately, due to the muscle redundancy 

problem with the human body, meaning that several muscles contribute to the same 

movement, and the challenges involved with recording each muscle’s activation, either 

the number of muscles in the model must be severely reduced, or assumptions must be 

made to link EMG data to the unmeasured muscles. Finally, the COMAK tool is a 

modified static optimization algorithm that solves for muscle activations and secondary 

kinematics to achieve measured primary DOF accelerations while minimizing muscle 

activation [46]. Each of these methods has been implemented successfully for a variety 

of musculoskeletal modelling studies.  

Because subject-specificity of models is rarely more than scaling anthropometrically, the 

solutions obtained using the model must be considered cautiously. The difference in 

ligament or muscle insertion sites, bone geometry, or soft tissue volume between the 

subject and model can cause simulation results to differ compared to in-vivo [47]. 

However, a way to lessen these limitations is to use MR images to help tune the model 

bone geometry and insertion points to be tailored to the subject. In-Vivo validation of 

simulation results is an important step to verify that the limitations of the model and 

analyses do not cause drastic inconsistencies between the subject and the model and 

to ensure the results can be trusted.  
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2.4.2 Knee Models  

Knee models of a wide variety of detail have been used to study human motion. These 

range from the simplest 1-DOF hinge joint [48] to detailed 12-DOF contact models [33] 

and finite element models [49]. Generally, unless high detail knee mechanics are 

required, a simplified hinge joint is used to minimize sources of error and increase 

computational efficiency [48]. However, when high detail information is required, 12-

DOF knee models are implemented, either as simplified contact models or finite 

element models. In order to accurately represent the joint for either type of 12-DOF 

model, digitized MRIs are used to ensure accurate geometries, insertion sites, and 

cartilage thickness (Figure 2-6). The constructed model with observed ligament volumes 

and attachment points can then be simulated individually or added to an existing full 

body model that previously included a 1-DOF knee joint [33].  
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Figure 2-6 Digitally reconstructed 12-Degree of Freedom knee joint model [33]. Green lines 
represent the lines of action of ligaments, femoral and tibial cartilage is shown in cyan. View is 
from the lateral side of the right knee.   

Different amounts of detail are required depending on the focus of the research, but 

generally, detail is constrained to what is required for the study to avoid the additional 

resources required to solve unnecessary parameters. Finite element models are best 

used when high-detail analyses are the goal, such as analyzing how different 

reconstructive techniques will affect knee biomechanics [50]. First, each component in 

the knee (bones, ligaments, menisci, and articular cartilage) is reconstructed from 

images to develop a solid model. A mesh of this model is generated consisting of 

thousands of discrete elements, and each body is given material properties. Each 

element is solved for individually which leads to an extremely high computation cost. 

For example, Haut Donahue et al. [50] developed a finite element model to study 

tibiofemoral contact, consisting of the proximal tibia, distal femur, articular cartilage, 
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menisci, and ligaments. This model computed high-resolution tissue stresses, but took 4 

hours to solve for a single static pose with an 800N axial load at 0 degrees knee flexion 

[50]. Finite element models are rarely implemented in full body models due to their 

complexity and, therefore, they generally do not account for muscle forces applied to 

the joint or any influence from full-body kinematics.  These finite element models, while 

high-resolution, are very computationally expensive and therefore are generally solved 

at defined instances rather than continuously throughout the trial.  

A simplified 12-DOF multibody knee model is a suitable option if the study is also 

interested in the relationship between full-body kinematics and secondary knee 

mechanics, or if the level of resolution in the FE analysis is not necessary. These 

models include all of the medical imaging-derived components present in a full knee FE 

model, but, rather than generating elements from the components, simplifications are 

made. Ligaments are simplified to springs, contact is defined by an elastic foundation 

model where pressure is a function of penetration, bones and cartilage are rigid bodies, 

and menisci can be represented as rigid bodies or equivalent resistance springs. 

Sometimes, menisci are excluded in knee models because their representation as rigid-

body penetration models, as they are highly deformable objects, is imprecise; however, 

they are important when studying ACL deficiency as they restrain anterior tibial 

translation in ACL deficient knees [28].  

The geometry of the menisci bodies is an important property to capture when modelling 

the menisci as it helps to disperse the tibiofemoral pressure because there is more 

contact area over which the force can be supported. In one previous study, the menisci 
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were added as rigid bodies to an MRI developed knee model in SIMM and attached to 

the tibia using spring representations of the attaching ligaments to study the changes in 

tibiofemoral contact during gait with intact, ACL deficient, menisci deficient, and 

ACL+menisci deficient knees [39]. In this study, muscle activations were adjusted to 

determine whether tibiofemoral contact could be restored post-injury while kinematics 

were held constant [39].  Implementing the menisci in this way is challenging, decreases 

computational efficiency, and is mainly beneficial when tibiofemoral contact pressure 

magnitude is the focus of the study. A substantial limitation to modelling the menisci as 

rigid bodies is that it does not capture the circumferential deformation caused under 

loading. This deformation causes the menisci to conform to the geometry of the 

articulating surface of the femur which then impacts the contact and pressure estimates.   

An alternative to explicitly modeling the menisci bodies is to implement springs to 

represent the equivalent joint stiffness applied by the meniscus. This has successfully 

been implemented where one-dimensional springs are added for each degree of 

freedom to restrain the joint to its observed range of motion [51]–[53]. Li et al. [51] 

determined equivalent stiffness springs for the cadaveric medial and lateral meniscus 

influence by minimizing error between the computed and experimentally recorded tibial 

translation from anterior tibial loads of -100N to 100N at 0 and 30deg of knee flexion. 

The final equivalent stiffness values at full extension were 8N/mm and 7N/mm for 

anterior/posterior (AP) and medial/lateral (ML) directions, respectively [51]. When knee 

flexion angle increased to 30deg, the equivalent stiffness value for AP reduced to 

5N/mm while ML remained 7N/mm [51]. These stiffness values resulted in kinematic 
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errors ranging from <5% up to 30%, depending on the applied load and knee flexion 

angle [51].  

Another study used similar methods of MR imaging cadaveric knees and, unlike the 

above-mentioned study, constant muscle forces were applied to help stabilize the 

patella and loads (±5.2Nm torque, ±12Nm valgus moment) were applied at 0, 30, 60, 

and 90 degrees of flexion [53]. For this study, the meniscal horn attachments were 

represented using four mediolateral 400N/mm springs and the meniscofemoral 

ligaments were represented by a single anteroposterior 49N/mm spring [53]. The 

stiffness values of the meniscal components should allow for secondary kinematics to 

match intact knee laxity (difference in kinematics between a loaded and unloaded trial) 

as well as the difference caused by the ACL removal. Because these are equivalent 

stiffness values that are applied to the degree of freedom, if they are too high, they can 

override the influence of the other ligaments in the model.  

2.5 Motion Synthesis  

For this research, new running styles were required to be synthesized to determine if 

knee contact location changes with differing kinematics. While it is simple to develop a 

new motion by just changing kinematics or torques applied to joints, the challenge is 

synthesizing motions that are realistic. In order to develop realistic motions, they must 

be dynamically consistent, meaning they must agree with the laws of physics. This can 

be done in one of two ways, either by interpolating within a database of experimental 

motion data then computing corresponding forces, or by adding dynamic constraints to 

forward simulations.  
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2.5.1 Experimental Kinematics Interpolation 

For interpolation motion synthesis, motions are developed from a data set of physically 

constrained motions that can be blended or interpolated in order to synthesize a new 

motion. This helps to ensure that synthesized kinematics are within realistic ranges, and 

the relationships between degrees of freedom are maintained to help uphold realism.  

Such interpolation models are computationally cheap, and the end result is ensured to 

be dynamically consistent because required forces are computed after the motion is 

already determined.  Numerical methods are especially helpful when important model 

parameters, such as soft tissue properties and muscle actuators, are unknown or not 

defined well-enough for a forward simulation; this was the case in Pronost et al’s [54] 

work in visualizing early hominid gait.  

In order to interpolate a realistic motion, rather than just adjusting joint angles within 

their respective ranges of motion randomly, joint angles must to be coordinated in a way 

that allows relationships between different degrees of freedom to be maintained. One 

tool that will help preserve coordination of kinematics is principal component analysis 

(PCA). PCA is a statistical tool that is often used to reduce dimensionality of data and 

helps to preserve relationships between different sections of curves by extracting 

patterns of covariance. The principal components are eigenvectors of the covariance 

matrix of the mean-centered input data. Outputs of PCA include the loadings 

(coefficients) which are the values that can be multiplied by the corresponding score 

value to reconstruct the data [55]. In practical terms, PCA extracts coordinated changes 

in joint kinematics; for example, PCA might capture a movement pattern wherein high 
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knee flexion angles during the swing phase of running are frequently observed in 

conjunction with high knee flexion angles in stance. PCA has been used in 

biomechanics for years with various applications, including studying the difference 

between healthy and pathological gait patterns [56].  

A limitation to these experimental-interpolation methods is that the synthesized motions 

will be developed from a potentially diverse data set and may not accurately represent 

the range of motion or strength of the subjects for which the motions are being 

developed. For example, the model data set could include trials from male and female 

subjects aged 18-65. In this case, motions produced near the extremes of the range of 

motion may be unrealistic or unattainable for a potential subject that is a 65-year-old 

female. However, a benefit to this method is that researchers can easily generate 

potential kinematic solutions throughout an observed space of movement, as opposed 

to an iterative optimization where only one path to a local solution is found, as may be 

the case with forward driven motion synthesis methods.  

2.5.2 Forward Simulation  

For forward simulation style motion synthesis, the properties of the model are used to 

drive the motion. In order for this method to be used to create motions, the following 

must be provided: boundary conditions (activity and start and sometimes end position), 

optimization function (often minimizing energy), scaled model, and resources available 

to the model (actuators/muscle forces, floor, etc.) [57]. Kinematics for these initial value 

problems are not usually supplied, other than the initial position, because the initial 

forces, velocities, and the forces applied to the model (external or by actuators/muscles) 
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are used to drive the model [57]. Conversely, there are two-point boundary problems, 

such as direct collocation used in OpenSim MOCO, which have defined start and end 

positions and are solved by blending the position constraints with the dynamic 

simulations [57]. OpenSim MOCO uses direct collocation to solve optimal control 

problems such as parameter optimization and motion tracking and optimization.  

While these simulations are solved with physically constraining functions, they are not 

always practical to implement in biomechanical studies due to the excessive increase in 

computational cost required for increased levels of detail. When forward simulation 

methods are used for animation, models are quite simplified at the joints and driven by 

torques. Unfortunately, these methods do not work well for detailed biomechanical 

models or characters with many DOF as the evaluations can become very slow often 

causing physical validity to be sacrificed for better performance [58]. When applied to 

biomechanical models, it is difficult to ensure the correct muscles are applying the 

correct loads because the human body has muscle redundancy, meaning that several 

muscles are able to contribute to the actuation of one degree of freedom. Therefore, 

these methods are better for lower-detail motion synthesis where they are beneficial 

because the forces applied throughout the motion are solved for simultaneously with the 

kinematics. 
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2.6 Ground Reaction Force Prediction 

2.6.1 Why predict? 

Ground reaction forces are present whenever anything moves by pushing off of the 

ground. According to Newton’s laws, any force has an equal and opposite reaction, and 

therefore, when a person applies force on the ground to push off, the same force is 

applied on the person’s foot from the ground. Of course, ground reaction forces must be 

predicted for synthesized motions because they have no corresponding experimental 

force plate data. Ground reaction force and moment data (GRFMs) are required 

because external forces applied to the body are the starting point for analyses that 

determine forces within the body. They are required to perform inverse dynamic 

analyses, joint contact analyses, and to determine the muscle forces required to 

complete the motion.  

2.6.2 Prediction Methods 

When kinematic data are interpolated from experimental trials, while the kinematics are 

realistic, the ground reaction forces are unknown. In order to analyze these kinematic 

data, GRFs must be predicted. While these kinematics should follow the laws of 

physics, discrepancies between the physical human and computational model will 

contribute error between predicted and experimental data, which should be minimized. 

Ground reaction force prediction methods from kinematics have been studied and there 

are several methods that work moderately well. GRF prediction from kinematics is more 

difficult for certain activities that include an indeterminate double support phase such as 
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walking. From kinematics alone, it is nearly impossible to predict the weight distribution 

between the feet. Running is much more simplified due to the lack of a double support 

phase.  

 Newtonian Dynamics Method 

The most basic method used to estimate GRFs for running (and all other single support 

motions) is implementing Newton’s 2nd law (“Newtonian dynamics method”) alongside 

a scaled musculoskeletal model, where the net external (GRF) force is equal to the sum 

of the mass of each body segment multiplied by that segment’s acceleration in each 

direction (Equation 2-1)[59]. While this method is widely accepted and generally works 

well for estimating the large, vertical ground reaction forces, AP and ML forces are 

smaller in magnitude, therefore errors due to uncertainty in segmental mass properties 

and accelerations are proportionally greater. The Newtonian dynamics method works 

perfectly for estimating the GRFs of the model for the input motions, but these 

predictions may not match experimental GRFs and therefore, in order to make Equation 

2-1 true, an error term must be added. The error involved that can be attributed to the 

experimental apparatus or musculoskeletal model parameters can lead to large 

inconsistencies in force between the recorded GRFs and Newtonian dynamics method 

predicted GRFs. In particular, errors in the ML and AP directions make the Newtonian 

dynamics method problematic to be used alone in studies where forces in these 

directions are important.  
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Equation 2-1 Newtonian dynamics method for GRF prediction  

𝐹𝑑 =  ∑ 𝑚𝑛

𝑛

1

𝑎𝑛𝑑 + 𝑒𝑟𝑟𝑜𝑟 

Where: F = experimental force 

     m = mass 

      n = body segment 

      d = direction (x,y,z) 

This “Newtonian dynamics method” has been implemented independently [44], [60], 

[61], and in addition to other steps to help improve estimation accuracy in other 

directions or with other motions. Johnson et al. [62] used a large database of athletic 

motions and combined the Newtonian dynamics method with partial least squares 

regression (PLS) to determine whether PLS can learn the relationship between motion 

capture data and ground reaction forces for cutting motions. This method was 

successful due to its large sample size (n = 441)  and larger magnitudes of AP and ML 

forces involved with cutting, achieving average correlation coefficients (r) of 0.9804 

(FAP/x = 0.9669, FML/y = 0.9847, Fvertical/z = 0.9898) for GRFs and 0.9143 (Mx = 0.8807, 

My = 0.9405, Mz = 0.9216) for the moments measured by the force plate that are used 

to compute the center of pressure (COP) [62]. While these results are impressive, 

acquiring a large amount of training data is not always practical. Also, because the 

magnitudes for AP and ML forces are larger for side cut motions, the error metrics are 

less sensitive to errors in magnitude. 
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 Conditionally Activated Contact Elements 

Another tool combined with the Newtonian dynamics method is the implementation of 

foot-ground contact models.  These models include conditionally activated actuators on 

the surface of the model foot that help to establish weight distribution during double 

support phases. A set of conditions (often vertical proximity to the ground and forward 

velocity) of the contact element dictate whether the element is turned on [44], [63], [64]. 

If the element is on, it acts as an actuator that applies force from the ground to the foot 

to keep the model in place. When applied to running, the method found relatively high 

correlations (r) of 0.88, 0.99, for FAP, FVertical, but a relatively poor correlation of 0.13 for 

FML [64]. While this method helps during activities that include indeterminate double 

support phases, it does not contribute much for simpler single support activities such as 

running, and it has a high sensitivity to error in the recorded foot kinematics.  

 Finite Element Contact Prediction 

An alternative method that gives high-resolution solutions is finite element GRF 

prediction. Van Tuan et al. [65] used this method alongside a finite element model of a 

prosthetic leg to determine the ground reaction forces and the forces throughout the 

limb. The method was used to achieve a vertical ground reaction force correlation of 

0.91 [65]. This method acts as a higher resolution version of the contact elements 

method. While this method provides high resolution, it was beyond the scope of this 

research due to its high computational cost and may also result in high ML errors due to 

model discrepancies compared to the human subject.  
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 Manuscript: Synthesis of Dynamically 

Consistent Running Kinematics using Principal 

Component Analysis 

3.1 Introduction  

Running is a popular athletic activity for maintaining and improving cardiovascular 

health, whether it be through jogging or in sports. Unfortunately, people who participate 

in athletics are at an increased risk of injury due to the elevated loads applied to the 

body during athletic movements.  After an injury occurs, patients’ return to activity 

should be closely monitored to avoid re-injury or further damage to their joints and 

tissues.  Yet, it is difficult to consistently monitor patient activities and know whether the 

patient’s previous kinematics will put them at high risk of re-injury. If running kinematics 

could be optimized to be safer for injured subjects who are still able to run, people could 

continue to run without risking further damage.  

One approach to selecting improved running styles for ACLd patients is experimentally 

testing various running styles to determine how they affect the body. For example Willy 

et al. [10] found that increasing step rate reduced peak and impulse medial TF joint 

loads by 8.2% and 10.6%, respectively. Unfortunately, data collection is time 

consuming, expensive, and not always practical if collecting data from injured subjects. 

Because ACL deficiency changes the mechanics of the knee by reducing its capacity to 

support styles that may cause high ATT, kinematics must be studied on an injured 

subject to determine the influence the running style has on knee contact. Research 
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would benefit from being able to synthesize accurate kinematic and dynamic data for 

motions rather than collecting it.  

3.1.1 Motion Synthesis 

Motion can be synthesized easily by changing joint kinematics, but the challenge lies in 

making these synthesized motions realistic. For synthesized motions to appear realistic, 

they must be dynamically consistent, meaning the motion must follow the laws of 

physics [66]. This task has been studied in several fields, such as biomechanics and 

animation, with a variety of methods developed to produce realistic motions. Motion 

synthesis methods can be split into two main groups – the first being forward simulation 

and the second, motion capture interpolation.  

For a motion to appear realistic, the forces applied by the subject on surfaces or objects 

should match the expected strength of the subject. Forward dynamics is the process of 

calculating motions resulting from applied torques and forces and it is a helpful tool for 

this because strengths of muscles or actuators can be controlled, which helps to limit 

force magnitudes to realistic ranges. Forward simulation methods rely on boundary 

conditions (start/end positions), optimization functions (maximize efficiency, speed, 

etc.), a scaled model, and the resources that are available for the model (floor, muscles, 

etc.) [57]. Direct collocation is an example of a forward simulation method to develop 

motions in which a trajectory is optimized according to a set function while satisfying set 

constraints. While forward simulation methods are helpful when the goal is to optimize 

motion, they are very computationally expensive and impractical to use with models that 

have many degrees of freedom [58]. Forward simulation methods are difficult to use 
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with detailed musculoskeletal models because they can be extremely sensitive to model 

parameters, such as mass or muscle strength. If there are small errors in some of these 

parameters, a forward simulation synthesis may still be able to produce a realistic 

motion, but if further biomechanical analyses are to be done, error could accumulate. 

Also, the optimization process is iterative and may not produce solutions that cover the 

entire possible range of motion but rather produce many trials that are very similar.   

The second way to synthesize motions is through a motion capture interpolation method 

where a dataset of experimental kinematics is interpolated using a numerical model 

[66]. Because the dataset is experimental, interpolated motions will fall within realistic 

bounds. However, while whole-body kinematics could be synthesized easily by varying 

each degree of freedom within its respective range of motion, it is important to consider 

the coordination between DOF to produce realistic motions. For example, although it 

would fall within mathematical bounds, a realistic walking motion should not predict in-

phase (versus normal antiphase) motion of the arm and leg on the same side [67]. An 

example of an interpolation method would be a regression model implementing principal 

component analysis (PCA), which is a helpful tool to reduce data dimensionality while 

extracting and maintaining coordination between DOFs. The benefit of interpolation 

methods is that they are much more computationally efficient than forward optimization 

methods, will produce high-variance solutions, and there is an opportunity to observe 

the kinematic trends that occur when optimizing for a desired outcome.  
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3.1.2 Ground Reaction Force Prediction 

Ground reaction forces (GRFs) are the external forces applied to the body from the 

ground during activities such as walking or running and they, along with their center of 

pressure (COP), are required for analyses of forces that occur within the body. The 

current standard method to obtain GRFs is to record them using an instrumented force 

plate. However, when kinematics are synthesized, GRFs must be predicted. Ground 

reaction force prediction methods from motion have been researched extensively with 

hopes of removing the need to record these data. Newton’s equations of motion, along 

with some added methods, are the main tools to predict GRFs for single support 

motions.  

The Newtonian dynamics method is widely accepted and refers to the use of Newton’s 

2nd equation of motion (Equation 2-1). This is used to predict GRFs by calculating the 

force applied in each direction for each segment which are then summed over timesteps 

to get the motion’s GRFs. The main strength of this method is that it is strictly 

mathematical and defined solely by the laws of physics. This method requires a model 

that accurately represents each body segment, joint constraints, and has accurate mass 

distribution. Errors in any of these parameters will result in inconsistencies between 

predicted and recorded GRFs. Unfortunately, errors in these parameters are common 

because collecting the data to accurately represent individual subjects is time 

consuming and expensive. 

This method is also sensitive to soft tissue motion that will cause inconsistencies 

between recorded and predicted GRFs because the soft tissue artifact present in 
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recorded motion capture data is applied to rigid body models [68]. Especially in ML and 

AP directions where force magnitude is smaller, relative error is very large due to the 

soft tissue artifact. Not only does the soft tissue cause error in the motion capture data 

which progresses to the inverse kinematics data, but, even if this was removed, the 

experimental GRFs would still be influenced by the soft tissue mass distribution. These 

errors are especially large in running, due to the large accelerations [68]. When 

modelling an experimental motion, in order for the kinematics to be tracked, there will 

always be an error, or residual force, required to compensate for discrepancies in the 

model. If no GRFs are applied to keep the model in its vertical position, the largest 

residual will likely be the vertical pelvis residual force which holds the model at its 

observed vertical position, acting against gravity.  

While the Newtonian dynamics method has been implemented on its own [59], it isn’t a 

suitable option for predicting accurate ground reaction forces in running due to its 

sensitivity to model parameters and the high accelerations involved with running, and 

must be modified or supplemented. Previous additions to the Newtonian dynamics 

method include conditionally activated contact elements [44], [63], [64], and machine 

learning tools in attempt to reduce error between predicted and experimental GRFs. 

Conditionally activated force elements are actuators attached to the bottom of the 

model’s foot and when certain conditions are met, usually speed- and position-related, 

the actuators turn on and hold the foot in place [44], [63], [64]. The forces applied by the 

actuators are then summed and these represent the ground reaction forces. These 

elements have been found to be useful to solve the indeterminacy problem during 

double support phases of gait but are not very helpful in single support (single leg 
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stance), where most studies switch back to the Newtonian dynamics method. Partial 

least squares regression has been used on side cut motions where the regression 

model was used to predict GRFs during double support and the Newtonian dynamics 

method was used during single support [62]. This study included a very large data base, 

which is not always possible, making the methods challenging to replicate. However, 

because the focus of this research is running, the problem is slightly simpler as there is 

no double support phase indeterminacy problem. 

3.1.3 Objective 

The objective of this study was to develop a computationally efficient interpolation 

method to synthesize realistic running kinematics with corresponding dynamically 

consistent ground reaction forces. 

3.2 Methods 

The dataset used in this reseach was the full-body running dataset from Hamner et al. 

[69], which included full-body inverse kinematics (IK) data for 37 degrees of freedom (6-

pelvis, 3-hip (L/R), 1-knee (L/R), 1-ankle (L/R), 3-lumbar, 5-arm (L/R), 2-foot (L/R), 2-

wrist(L/R)), center of pressure, and ground reaction force data for 10 male subjects (29 

± 5 years, 70.9 ± 7.0 kg), each running at four speeds (2, 3, 4, and 5 m/s) on an 

instrumented treadmill. This gave a total of 40 trials with approximately 5 gait cycles in 

each [69]. All subjects were healthy, experienced long distance runners who complete 

>50km/week [69].  
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3.2.1 Data Organization 

The general processing for the dataset and how it is used with PCA to synthesize 

different kinematics can be seen in the flowchart (Figure 3-1). First, kinematics and 

GRFs were segmented into gait cycles based on a vertical GRF threshold of 10N. The 

data in each gait cycle were normalized to 101 points representing 0-100% of a gait 

cycle. The OpenSim body kinematics tool was used to determine the pose of the right 

calcaneus throughout the gait cycle which was then used to transform the experimental 

center of pressure data from the global reference frame into the calcaneus’ reference 

frame to remove any influence of stride length. The GRFM data were normalized to 

body weight, and the input data were organized to include kinematics, local center of 

pressure data, and GRFMs (Figure 3-2).  
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Figure 3-1 Flowchart showing principal component analysis (PCA) input and reconstruction.  The 
steps show how the dataset IK and GRF data were processed to be used with PCA and how the 
synthesized running kinematics and their corresponding GRF curves were constructed by 
randomly sampling from the score ranges for n PCs.  

The resulting input array [202x3636] included a total of 202 gait cycles, each consisting 

of concatenated kinematics, center of pressure, and GRF data. The data were 

normalized to the maximum standard deviation found in each unit of measurement 

(degrees, meters, Newtons) to ensure the analysis was fed variation-focused data 

rather than data that were very different in magnitude (Figure 3-2). Additionally, the 

kinematics of the arms were weighted by an arbitrary factor of 0.1 (10%) to deter the 

IK data

•Separated IK and GRF data into gait cycles (202) by vertical GRF threshold of 
10N, normalized each cycle to 101 points

•Transformed COP data from global to foot reference frame 

•Normalize GRF to bodyweight

PCA Input

•Compute maximum SD per unit of measurement for pooled data

•Normalize each DOF to corresponding max SD and weight the arm 
kinematics to 10% and GRFs to 200%

•Mean-center the data

•concatenate all IK, COP, and GRF data for each cycle

PCA

•Run PCA

•Retain n PCs to keep 90% of variance

•Find range of input score values for each of the n PCs

Reconstruction 

•Randomly sample from range for each PC and reconstruct the curve

•Sum of score value*loadings for all n PCs

•Add mean curve

•Multiply standard deviation per unit and unweight the arm DOFs and GRFs
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PCA from focusing on arm motion variance, because the current study was primarily 

motivated by and interested in lower body kinematics, specifically the knee. The GRFs 

were weighted by a factor of 2 (200%) in order to increase their influence on the 

analysis and help to maintain accuracy in reconstruction. All other DOFs were weighted 

by a factor of 1. PCA was performed and n PCs were kept in order to retain 90% of the 

variance when synthesizing new kinematics.  
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Figure 3-2 Principal component analysis (PCA) model input data for 202 gait cycles consisting of 
kinematics, arm kinematics were weighted x0.1 (shaded green), and stance ground reaction forces 
and moments were weighted x2 (shaded blue). All other kinematics and center of pressure were 
weighted x1.  
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3.2.2 Curve Synthesis 

To synthesize new motions, PC score values were randomly sampled from the range of 

observed scores for each of the first n principal components. These were multiplied by 

the original coefficients (loading vectors, coefficients, Equation 3-1) to construct a new 

curve containing kinematics, local stance center of pressure, and bodyweight 

normalized GRFMs. The only modification made to the kinematics after reconstruction 

was changing the value of vertical pelvis translation to account for subject height.  

Equation 3-1: 𝑿(𝒊, : ) =  ∑ 𝒔𝒄𝒐𝒓𝒆(𝒊, 𝒛) ∗ 𝒄𝒐𝒆𝒇𝒇𝒊𝒄𝒊𝒆𝒏𝒕𝒔(: , 𝒛)𝒏
𝒛=𝟏  

Where: X = mean-centered, std normalized, reconstructed data 

 i = observation number 

 z = PC number 

 n = number of PCs required to retain 90% variance  

 coefficients =loading vector output from PCA algorithm 

score(z) = assigned (sampled) score value for PC z 

 

Each synthesized curve consists of kinematics, local center of pressures, and 

bodyweight-normalized ground reaction forces and free moments. In order to perform 

any further analysis in OpenSim, the data must be written to motion (.trc) and force 

(.mot) text files. Kinematics were scaled to a standard speed (3m/s) and written to a 

motion file, which was inspected visually in OpenSim to verify realism. Using the 

PointKinematics tool in OpenSim to track the pose of the calcaneus, COP data were 
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transformed from the foot frame to the global frame for visualization and error checking. 

A total of 100 different trials were synthesized for validation purposes. 

3.2.3 Ground Reaction Force Scaling 

Next, the ground reaction forces were scaled to match the synthesized subject model 

(N=1). The Newtonian dynamics method was combined with the curve synthesis step to 

improve accuracy on the ML and AP GRFs which are predicted poorly using the 

Newtonian dynamics method due to model simplifications, errors in joint and mass 

properties, and skin motion artifact present in motion capture data. Rather than using 

only the Newtonian dynamics method to predict ground reaction forces, the shape of the 

GRF curve that matched the kinematics was predicted in the curve synthesis step and 

then scaled to a more accurate magnitude.  

While the GRFs estimated from the regression model (§3.3.2) were normalized to 

bodyweight, factors such as uncertainty in mass distribution among body segments can 

likely cause the true magnitudes to differ from a simple bodyweight multiple. Linear 

scaling factors for reconstructed GRF waveforms were determined using the Newtonian 

dynamics Method in OpenSim’s inverse dynamics tool with a scaled model. First, the 

synthesized kinematics were applied to the scaled model in OpenSim [70], and the 

residual forces were calculated for each timeframe as the sum of all body segments 

accelerations multiplied by mass in each direction. From the inverse dynamics results, 

the vertical force applied to the pelvis is used to determine the PCA reconstructed GRF 

scale factors. Because there is no ground contact, the inverse dynamics vertical 
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residual force applied to the pelvis represents the GRF and holds the model in place to 

track kinematic data.  

The reconstructed GRF curve was scaled in magnitude, duration, and phase to 

minimize magnitude and timing error between the GRF curve and the vertical pelvis 

residual force (Figure 3-3). Once these 3 scale values were determined, they were 

applied to the reconstructed AP and ML force and ground reaction moment curves as 

well (Figure 3-3). The foot was decidedly on the ground when vertical ground reaction 

forces reached a threshold of 10N. Outside of this threshold, all forces were zeroed 

(Figure 3-3). The scaled forces were then written into a ground reaction force file (.mot) 

containing the center of pressures and ground reaction forces and moments to be used 

in further OpenSim analyses. 

 

Figure 3-3 Unscaled and scaled ground reaction forces (GRFs). The left plot shows the unscaled 
and scaled vertical GRF curve (synthesized from PCA reconstruction) along with the vertical 
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residual force. The right plot shows the scaled GRFs that were used for further analysis. Scaling 
factors were optimized to minimize error between the vertical GRF and the vertical pelvis residual. 
The forces were then converted from stance phase only to a full gait cycle.   

3.2.4 Analysis 

Kinematics were applied to a musculoskeletal model and visually inspected for realism 

and face validity.  Synthesized waveforms were compared with the variance (mean +/- 

SD) of observed experimental kinematics.  

A leave-one-out validation was completed to test the accuracy of the GRF prediction.  

For each iteration of the leave-one-out validation, one of the 10 subjects were removed 

from the PCA input data, then the PCA model coefficients were computed using the 9 

retained subjects’ data.  A subset of model coefficients was extracted that contained 

only kinematic, and not GRF, data (Equation 3-2). Then, score values for the left-out 

individual were computed by projecting that subject’s observed kinematics (X(i,:)) onto 

the PCA model’s kinematic coefficients (Equation 3-3). The first n scores were then 

multiplied by the complete coefficients to reconstruct both kinematics and GRF data. 

(Equation 3-1). After shape reconstruction, the GRF waveforms were scaled to each 

subject’s model as described previously (§3.2.3).  Finally, correlations between 

predicted and experimental GRFs were calculated across all 10 subjects (Table 3-1). 

Additionally, correlation coefficients were computed for GRF predictions using the 

Newtonian dynamics method alone for comparison. 

Equation 3-2 PCA Coefficient subsets 

𝑐𝑜𝑒𝑓𝑓𝑖𝑐𝑖𝑒𝑛𝑡𝑠 = [𝑐𝑜𝑒𝑓𝑓𝑖𝑐𝑖𝑒𝑛𝑡𝑠𝑘𝑖𝑛𝑒𝑚𝑎𝑡𝑖𝑐𝑠, 𝑐𝑜𝑒𝑓𝑓𝑖𝑐𝑖𝑒𝑛𝑡𝑠𝐺𝑅𝐹𝑠] 
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Equation 3-3 Leave-one-out PCA reconstruction 

𝑠𝑐𝑜𝑟𝑒𝑠 = 𝑋𝑘𝑖𝑛𝑒𝑚𝑎𝑡𝑖𝑐𝑠 ∗ 𝑐𝑜𝑒𝑓𝑓𝑖𝑐𝑖𝑒𝑛𝑡𝑠𝑘𝑖𝑛𝑒𝑚𝑎𝑡𝑖𝑐𝑠 

Where: X = mean-centered, SD normalized, weighted input data for left-out subject 

coefficients = loading vector output from PCA algorithm for retained 
subjects 

3.2.5 Statistical Analysis 

To test whether the PCA Interpolation GRF prediction method improved the correlation 

with experiment GRFs compared to the Newtonian dynamics method, t-tests were 

performed. First, correlation coefficients were transformed using the Fisher z-

transformation to ensure normal distributions. T-tests were performed with an alpha 

level of 0.05 on the transformed coefficients to test the null hypothesis that there was no 

difference between the correlation with experimental data for the two prediction 

methods.  

3.3 Results  

3.3.1 Kinematics 

The first 9 principal components were retained to preserve 90% of the input data 

variance.  Subsequently, 100 sets of realistic kinematics were synthesized by randomly 

sampling score values from a uniform distribution spanning the observed experimental 

range for each PC (Figure 3-4). Synthesized kinematics agreed well with the 

experimental input data and fell within experimental ranges of motion throughout the 

gait cycles (Figure 3-5). The kinematics produced by these score values, for each DOF, 

are all shown in the Appendix (Figure 6-3-Figure 6-6). The kinematics were applied to 
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the scaled model in OpenSim and visually inspected; all 100 synthesized trials 

appeared realistic.   

 

Figure 3-4 Range of score values used to synthesize sample gait cycles.  Two examples of 
individual trials’ score values are shown with the connecting lines (red, blue). The boxed outline 
for each PC indicates the range from which score values were randomly sampled and the black 
circles represent score values sampled to synthesize running styles. It can be seen that score 
values were sampled from the entirety of the sample space.  

 



 

52 

 

Figure 3-5 Reconstructed kinematics vs experimental.  Two sample synthesized trials’ kinematic 
data for right hip, knee, and ankle flexion over gait are plotted with the range of experimental input 
kinematics (shaded). It can be seen that synthesized trials’ kinematics fall within realistic ranges 
of motion. 

3.3.2 Ground Reaction Force Prediction Validation 

Ground reaction force prediction RMSE and correlation coefficients were 0.983(FVertical), 

0.932(FAP), and 0.607(FML) which are all significantly larger (alpha=0.05) than the 

correlation coefficients computed for the Newtonian dynamics method alone (Table 

3-1).  GRF waveforms from the proposed prediction algorithm agreed more closely with 

experimental data, than those estimated using only the Newtonian dynamics method 
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(Figure 3-6). Paired t-tests were performed to determine whether the prediction 

methods produced different correlation coefficients (Table 3-1).  

Table 3-1 Ground reaction force prediction leave-one-out validation results  (RMSE and correlation 
coefficients) with additional correlation coefficients mean(sd) for if the GRFs had been predicted 
using only the Newtonian dynamics method. Paired t-tests found that the correlations were 
significantly different (*) between the PCA and the Newtonian dynamics method predictions 
(alpha=0.05) 

 RMSE (xBW) R Value Newtonian dynamics 
Method R Value 

p-value 

Vertical 0.155(0.0824) 0.983(0.0198) 0.981(0.018)* <0.001 

Anterior 0.0397(0.0218) 0.932(0.0831) 0.733(0.141)* <0.001 

Medial 0.0228(0.0114) 0.607(0.287) 0.147(0.343)* <0.001 
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Figure 3-6 Representative validation ground reaction force prediction. The ground reaction forces 
predicted used the described methods are shown (blue) alongside the predicted GRFs using only 
the Newtonian dynamics method (pink). The difference between the experimental and predicted 
GRFs are plotted in the second row of subplots. The large error shown in the mediolateral and 
anteroposterior directions for the Newtonian dynamics method-only prediction explain why the 
proposed prediction method was necessary. 

3.4 Discussion 

The standard method to obtain human motion data has been to experimentally collect 

both kinematic and dynamic data; however, this is expensive, time consuming, and not 
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always safe for participants. Therefore, the objective of this research was to develop a 

method to synthesize dynamically consistent running kinematics and their 

corresponding ground reaction forces. The methods outlined in this paper allow 

dynamically consistent kinematics and their GRFs to be synthesized successfully using 

PCA to help maintain relationships present in kinematics that would not be retained had 

degrees of freedom been adjusted individually.  While realistic motion synthesis is 

researched in other fields [66], [71], [72], biomechanical analyses require the prediction 

of corresponding ground reaction forces for the synthesized realistic motions.  

During running, the GRF prediction method of scaling PCA-reconstructed curves to 

inverse dynamics force magnitudes performed well compared to the use of only the 

Newtonian dynamics method (Figure 3-6). In comparison to other GRF prediction 

methods for running, the vertical, anterior, and medial GRF correlations (r) found with 

the methods described in this paper were (0.983±0.020), (0.932±0.083), (0.607±0.287), 

respectively while Skals et al. [64] found correlation values (r) of (0.99±0.00), 

(0.88±0.12), (0.13±0.37). By preserving the shape of the GRFs using PCA, correlation 

between predicted and experimental increased. The small sacrifice in vertical GRF 

prediction correlation is compensated for in the large improvements in mediolateral and 

anteroposterior GRF prediction. 

There were two potential methods that could have been implemented to synthesize 

kinematics, forward simulation, or experimental data interpolation. An interpolation 

method was selected due to its ability to synthesize a wide variety of kinematics that 

would allow for trends to be investigated while observing outcomes of later analyses. 
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Once the regression model is developed from an experimental dataset, the proposed 

method is computationally efficient for synthesizing novel kinematics, taking 

approximately 6 seconds per trial on consumer-grade laptop computer (i7 processor, 

16GB RAM).  Importantly, with the proposed GRF prediction method, this approach 

generates dynamically consistent motions (Table 3-1). Had a forward simulation method 

been used, computational efficiency would have decreased and GRF prediction error 

would have been extremely sensitive to foot-ground contact properties as well as model 

specificity in properties such as muscle strength, insertion sites, and body mass 

distribution and inertia [66]. Because the data to tailor the model specifically to the 

subject for these properties were not available, it was best to use interpolation.  

This research is important because it can allow different motions to be tested on a 

virtual subject without requiring real participants to perform each motion in lab. This 

could allow clinicians to analyze new motions and optimize a patient’s gait, whether it be 

for more efficient performance or to help rehabilitate an injury. Also, because of the 

method chosen to synthesize kinematics, a wide variety can be analyzed to find the 

improved kinematic pattern that is most similar an individual’s, or to see if any trends 

are present that would allow gait modifications to be easily coachable, for example, to 

increase peak knee flexion. Biofeedback has been used successfully [41] and could be 

implemented to train a subject to adopt the optimized gait kinematics from visual or 

auditory cues which will likely make kinematic adjustments easier.  

An important note on the synthesized kinematics is that stride length was not held 

constant. Instead, the virtual treadmill belt speed was arbitrarily set to 3m/s and each 
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synthesized trial was scaled to this speed while step rate varied. While step rate could 

have been held constant, it is an easily coachable parameter that has been found to be 

easily adopted with simple wearable technologies [41].  Importantly, the proposed 

algorithm can synthesize kinematics at any desired running speed. Viewing this 

research with potential future biofeedback applications, specific DOFs would have to be 

selected for presentation to the subject to help them adopt the running kinematics.   

A primary limitation of this study was the sample size of the PCA model input data.  The 

PCA model included data from 202 gait cycles, which were recorded from only 10 

anthropometrically similar subjects. Such homogeneity could be beneficial if 

synthesizing kinematics for people of similar stature. However, it may also be limiting 

because, especially when sampling from the score value range, synthesized kinematics 

may not span the full human ranges of motion [73]. Nevertheless, the proposed PCA 

interpolation method could be easily extended to include a much larger and more 

diverse sample set or applied to other human motions.  

A second limitation of this approach was the arbitrary weighting of upper-limb and 

ground reaction force parameters. PCA extracts a minimal set of features that explain 

the majority of variance within the dataset [74]; thus, if variance within the input data is 

somewhat correlated with magnitude, the extracted PC features may be biased toward 

input parameters with large magnitudes. For this study, arm kinematics were weighted 

at 10% to reduce their influence within the first 9 PCs. Arm kinematics had large 

variance (Figure 3-2), but relatively small mass.  Thus, capturing the variance in lower 

body kinematics was deemed more important than that of the arms. Arm motion does 
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contribute to GRFs [69] and, therefore, the arms were not removed entirely.  

Conversely, GRFs were weighted 200% because preserving their variance was 

important in order to predict realistic shapes of the GRF waveforms. The original input 

data were normalized to bodyweight, which gave the GRFs small magnitudes in 

comparison to the other data.  In the present study, we did not consider alternative 

weights, but one can expect that different kinematics would be produced had weights 

been adjusted.  Future work could investigate additional tuning to improve GRF 

prediction from this PCA-based interpolation approach.  

Finally, the accuracy of synthesized kinematics and ground reaction forces is subject to 

inherent limitations of musculoskeletal models. Musculoskeletal modelling has error 

present from many different sources including scaling, mass distribution, joint 

constraints, rigid body assumptions, and lack of deformable tissue.  Each of these 

sources of error contributes to error in predicting ground reaction forces [47]. However, 

in this study, GRFM prediction error was improved by the use of PCA to retain curve 

shapes that matched kinematics, while still leveraging a traditional Newtonian dynamics 

method for magnitude scaling.  Importantly, and in contrast to forward simulation 

methods, potentially large prediction errors due to model muscle strength and insertion 

points parameters were avoided by choosing a motion capture interpolation motion 

synthesis method.  

In conclusion, dynamically consistent running kinematics and their corresponding 

ground reaction forces and moments were able to be synthesized from a dataset of 

inverse kinematics and ground reaction force data using PCA, inverse dynamics, and 
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musculoskeletal modelling. The synthesized motions appeared to be realistic by visual 

inspection of the kinematics applied to a scaled musculoskeletal model in OpenSim, 

and ground reaction forces agreed well with experimental data.  
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 Manuscript: Contact Restoration 

4.1 Introduction 

4.1.1 Anterior Cruciate Ligament Injuries 

Anterior cruciate ligament (ACL) injuries are one of the most common knee traumas 

experienced by people of all ages [75]. The ACL is one of the knee joint’s primary 

ligaments, and without its influence the medial and lateral tibiofemoral joint contact 

location shifts to infrequently loaded regions of cartilage. Consequently, people who 

have undergone ACL damage are more likely to experience an early onset of knee 

osteoarthritis (KOA) [1], [6].  

It has long been known that joints should undergo moderate mechanical loading to 

maintain healthy articular cartilage, as regular loading is essential for cartilage 

homeostasis [7]. Cartilage that is frequently loaded can be considered conditioned, 

while cartilage that infrequently experiences loading is unconditioned [7]. Conditioned 

cartilage develops enhanced mechanical properties to support these loads and 

unconditioned cartilage is thinner, weaker, and more susceptible to damage when 

suddenly require to bear loads [7]. Once the ACL is damaged and no longer providing 

the stability it originally did, the knee mechanics change and shift contact posteriorly on 

the tibial plateau [76] to unconditioned regions of cartilage, which causes cartilage 

damage if patients continue to be active [7].  
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Many ACL rupture patients are active people who prefer to keep exercising post-injury, 

but this could result in cartilage damage due to high loads on unconditioned areas of the 

tibiofemoral cartilage. Patients can be classified as either symptomatic, meaning their 

damaged knee is unstable and inhibits their ability to perform activities, or 

asymptomatic, meaning their knee is relatively stable and they are able to continue with 

low risk activities. By continuing these activities, even asymptomatic patients may be 

putting themselves at risk for cartilage damage [6]. If cartilage contact could be restored 

to pre-injury contact locations, patients could continue to be active to maintain good 

cardiovascular, muscular, and mental health without increasing the risk of cartilage 

damage.  

4.1.2 Knee Contact Restoration  

There are four methods studied in attempt to restore knee contact location: the current 

clinically implemented options of reconstructive surgery or bracing, and the research- 

stage methods of altering muscle activations and altering kinematics. Reconstructive 

surgery, in which a graft is used to reconstruct the ACL, is a very common intervention 

to help restore knee stability with over 130000 procedures done annually in the United 

States [77]. These procedures are typically recommended if the patient intends to 

continue high risk activities whether it be recreationally or occupationally [34]. Also, if 

the patient is symptomatic and, therefore, at a high risk of furthering damage due to the 

lack of stability and increased frequency of subluxation during daily activities, surgery is 

performed. While these surgeries help to restore functionality and stability of the 
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damaged knee, they have shown no improvement on preventing early onset KOA [6] or 

restoring TF contact locations [37], [78].  

Bracing is a conservative option suitable for patients who do not perform many high-risk 

activities or have a partial ACL tear and are not at risk of furthering injury [79]. Bracing, 

along with a rehabilitation program, can potentially allow patients to return to low-risk 

daily activities without undergoing invasive surgeries. Braces work by applying 

mechanical forces to the shank and thigh to modify the knee mechanics to prevent 

excessive anterior tibial translation.  Braces are not always a feasible option because 

they are expensive, cumbersome, and, if used post-reconstructive surgery, cause 

strain-shielding for the ACL graft [80]. Additionally, braces are limited in their 

effectiveness because the stabilizing forces applied by the brace are applied to the 

exterior surface of the limb, and some stability will be lost due to the deformation of soft 

tissue causing uncontrolled effects on anterior tibial translation [78]. While there are 

mixed reviews on this topic, current functional bracing techniques do not sufficiently 

restore knee contact to healthy, intact paths [78], [79].   

Another conservative method is the modification of a patient’s neuromuscular activation. 

Altering neuromuscular activity to compensate for ACL injury has merit due to the 

differing attachment points of muscles and the redundancy of muscles spanning the 

knee. Additionally, a subset of ACL rupture patients are able to maintain knee stability 

by changing hamstring activation [81]. However, gait simulations of altered 

neuromuscular activity for ACLd knees suggest that this method is unlikely to restore 

knee contact to pre-injury locations when kinematics remain unchanged [39]. Also, it 
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may be challenging to use biofeedback and ask a subject to alter muscle activation 

without modifying kinematics. Because of these challenges, there is a need for an 

alternative, conservative treatment method.   

The second method currently being researched is the modification of kinematics. 

Running kinematics modifications have been found to change tibiofemoral contact and 

muscle forces with simple, coachable gait modifications [41]. Previous research focused 

on increasing step rate to reduce TF contact force magnitudes but did not target 

changes to secondary knee kinematics or contact location [10], [41]. Because 

kinematics can vary significantly, a wide variety of styles can be used to achieve the 

same objective. For example, if a person is running for exercise, efficiency likely matters 

less to the person than preventing cartilage damage. While there is limited research in 

this area, with kinematic modification success with biofeedback, it appears to be a 

promising solution to restoring TF contact. 

4.1.3 Running Data  

In order to study ACLd knee contact location changes among various running styles, the 

kinematic data must be obtained. There are two approaches that allow the testing of 

different running styles: experimental and simulation. For experimental testing, the 

subject would be asked to run using a variety of styles to record the data and because 

they have ACL damage, this becomes an unsafe option due to the risk of subluxation 

and furthering damage. However, experimental testing is beneficial because there is no 

risk of developing kinematics that may not be possible for the subject, and coaching or 

biofeedback can be implemented by cueing subjects to change specific kinematics to 
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ensure wide varieties of kinematic running styles are collected, as done in [54]. 

Conversely, with the simulation approach, the only data that requires subject 

involvement is collection of anthropometrics for the scaling of the musculoskeletal 

model. Therefore, simulating each of the different running kinematics to estimate 

tibiofemoral contact location is the best option to explore the variety of kinematic 

modifications required to shift knee contact back to healthy cartilage regions. In order to 

simulate these trials, new running kinematics must be synthesized, and their 

corresponding ground reaction forces and moments predicted. In this situation, 

musculoskeletal modelling is a helpful tool that allows a detailed knee model to be 

implemented and ground reaction forces predicted.  

Previous methods to synthesize realistic human motion include forward simulation [82] 

and motion capture interpolation methods [54]. While forward simulation methods 

predict kinematics and dynamics simultaneously, they struggle with high-detail models 

because they are so computationally expensive [58]. Alternatively, an interpolation 

kinematics synthesis method is more computationally efficient, can handle many 

degrees of freedom, and because it was interpolated from experimental, physically 

constrained data, the synthesized results are realistic [66]. Though, using this type of 

method requires a secondary ground reaction force prediction process. In the present 

study, it is imperative to choose a method that can represent the altered joint mechanics 

with a high-fidelity ACLd knee model and is computationally efficient. 
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4.1.4 Objective 

The purpose of this research was to predict, via musculoskeletal simulation, if 

tibiofemoral contact paths in running could be restored to pre-ACL rupture paths by 

changing coordinated, full body running kinematics.  

4.2  Methods 

A high-level overview of the methods can be seen in the flowchart (Figure 4-1). 

Tibiofemoral contact was estimated by first developing a method to synthesize new 

running kinematics and predict their dynamically consistent GRFMs (Chapter 3) and 

then implementing a full-body musculoskeletal model, including a detailed 12-DOF knee 

model to predict knee mechanics. A test case of 100 different gait cycles was 

synthesized (§4.2.3) for one subject to determine whether changing kinematics post-

ACL rupture would bring knee contact paths closer to the subject’s original gait contact 

path. While ACL injuries are often accompanied by meniscus injuries, ACL-meniscus-

deficient simulations were outside the scope of this research as the model properties 

were not sufficient for simulating ACL-meniscus-deficient running and would 

consistently dislocate.  

 

Figure 4-1 Methods overview flowchart 

Compare to Baseline TF 
Contact Location

Estimate TF Contact 
Location and Pressure 

with COMAK

Model Meniscus 
Addition and Tuning

Synthesized Running 
Kinematics (n=100)
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4.2.1 Subject Data  

The data used for this study were retreived from an online dataset [69] consisting of 

kinematic and ground reaction force data for 10 male subjects (29±5years, 70.9±7.0kg), 

each running at four speeds (2m/s,3m/s,4m/s,and 5m/s) on an instrumented treadmill. 

The subjects were all healthy, experienced long distance runners who complete 

>50km/week [69]. The data set included inverse kinematics results calculated from 54 

reflective markers recorded at 100Hz as well as GRFMs recorded at 1000Hz, filtered at 

15Hz with a zero-lag 4th order Butterworth and critically damped low-pass filters, 

respectively [69].  

4.2.2 Musculoskeletal Model and Modifications 

The model that was used for this study was the Lenhart 2015 OpenSim full-body model 

that includes a 12-DOF right knee joint designed from MRI and validated against both 

in-vivo MRI-based kinematics as well as cadaveric kinematics from AP and rotational 

laxity tests [33]. The model includes ligaments represented as bundles of non-linear 

springs with each strand equally loaded, including the ACL which was implemented as 

anteromedial and posterolateral bundles [33]. At high strains, the ligament stiffnesses 

were assumed to be linear and have the elastic modulus of 125MPa [33]. The Lenhart 

2015 model was scaled in OpenSim using a static motion capture trial to match the size 

and mass of Subject 1 from the Hamner dataset.   

Unfortunately, the published OpenSim version of the Lenhart 2015 model does not 

include a meniscus, which, as literature shows, provides important support within the 

knee and has an impact on contact location [51].  Pilot work revealed that the 
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tibiofemoral joint of this meniscus-deficient model consistently dislocated during normal 

running trials.  Menisci have been modeled as deformable finite element bodies [50], 

rigid bodies with discrete element contact [83], or as equivalent-stiffness springs that 

constrain tibiofemoral translation (Figure 4-2) [51], [52].  Deformable contact is not 

supported by OpenSim and requires significant computational cost; thus, it is rarely 

implemented within full-body musculoskeletal models.  Rigid body discrete element 

contact can be solved within OpenSim, but also requires significant computation cost 

and performs poorly for highly deformable menisci interposed between cartilage contact 

surfaces.  Explicitly modeling the geometry of the menisci is important if pressure is the 

primary parameter of focus because it considers the distribution of force as the cartilage 

geometry increases the contact area and helps disperse force. However, because the 

current study is primarily concerned with contact location, not pressure magnitudes, and 

the primary comparison is between ACL intact and deficient, the alternative of menisci-

representing equivalent resistance springs was selected. For this study, the meniscus 

was represented as linear springs in the AP and ML directions.  
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Figure 4-2 Representation of meniscus equivalent resistance springs.  (a) shows the orientation of 
the reference frame and the basic knee model used the study and (b) shows how equivalent 
resistance springs were implemented previously. Reproduced with permission from [51].  

Originally, tuning parameters were altered to match cadaver laxity and intact-deficient 

differences for simple anterior laxity and internal rotation tests with loads of 90N and 

5Nm, respectively [84]. However, using a model with linear springs that agreed with 

these test results was not sufficiently constrained in the AP direction for running and 

would consistently cause the knee model to dislocate (Figure 6-2). Consequently, 

meniscus spring stiffness parameters  (Table 4-1)  were tuned to agree with running 

ACLd secondary TF kinematics. While no true in-vivo tibiofemoral kinematic data have 

been recorded for ACLd running, various sources have found kinematics that meniscus 

stiffnesses were tuned to agree with. Waite et al. [85] and Théoret et al. [86] used 
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surface-mounted motion capture markers to estimate secondary TF kinematics (Figure 

4-3) and Ramsey et al. [87] used bone-pin markers to estimate braced vs unbraced TF 

kinematics for maximum horizontal jumping. Assuming the functional brace used helps 

to restore TF kinematics towards ACL-Intact levels, the magnitudes of difference 

(approx. 5mm) were used to tune TF translation stiffnesses (Figure 4-3) which agrees 

with literature sources that observe ATT increases of 5-10mm as a result of ACL 

deficiency compared to the intact knee [25]. While the Waite et al. [85] data provides 

helpful references for tuning, there is error present in the values caused by skin motion 

artifact. Tashman et al. [37] used medical imaging methods to study intact secondary 

knee kinematics and found ATT in the first 0.1sec after HS is approximately 8mm, which 

is contradictory to the findings of Waite et al. [85]. A non-linear spring stiffness was 

required for anterior tibial translation to provide more support at higher translations 

caused by the larger AP forces present in running compared to walking. Additionally, 

the mediolateral translation degree of freedom for the patella was stiffened to prevent 

dislocation.  
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Figure 4-3 Tibiofemoral (TF) kinematic parameters used to tune meniscus stiffnesses. Waite et al. 
[85] and Théoret et al. [86] estimated TF kinematics for ACLd running and the meniscus spring 
stiffnesses for this study were tuned to agree with these literature values. The kinematics for the 
100 synthesized trials are represented in the box plots seen in the top row of figures with the red 
line representing the mean, and red crosses representing outliers. ATT for MKF (maximum knee 
flexion) to TO (toe-off) was similar to the values found by Waite et al. [85] other than the displayed 
outliers. ML translations from HS (heel strike) to MKF were slightly higher than the values found 
by Waite et al. [85] but considered acceptable due to the high variance found in these kinematics. 
The range of internal rotation over stance was quite similar to the values found by Théoret et al. 
[86]. The ~7mm maximum difference between the Intact- and ACLdBaseline trials coincides with the 
effect of restorative function bracing observed in [87]. The Tashman et al. [37] data represents 
medically imaged ATT for intact knees over the first 0.1sec after HS with equal variance assumed 
for ACL-reconstructed ATT. And finally, TF adduction fell within observed ranges from [85] at HS, 
MKF, and TO. 
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Table 4-1: Equivalent resistance spring stiffness and force values for tibiofemoral (TF) 
translations (x/z) and rotations as well as patellofemoral (PF) translation 

Degree of 
Freedom 

TF_tx TF_tz TF_rot TF_add PF_tz 

Stiffness 
Value  

--- 100N/mm 0.05N/mm 0.1N/mm 100N/mm 

Force 
Magnitude 

0.125N/mm3 (TF_tx)3 --- --- --- --- 

 

4.2.3 Synthesizing Running Kinematics and Dynamics 

One hundred different sets of running kinematics and their corresponding ground 

reaction forces and moments were synthesized as per methods explained in detail in 

§Chapter 3.  Briefly, principal component analysis (PCA) was used to model 

experimental running data (kinematics and GRFs) as a linear combination of nine 

principal components (PCs).  Then, 100 synthesized running kinematic patterns and 

corresponding GRF curve shapes were reconstructed by randomly sampling from the 

range of observed PC scores for each of the 9 PCs. All trials were defined to be 3m/s, 

and vertical pelvis position was bias-adjusted to remove any foot-ground offset during 

stance.  Then, to scale the GRF magnitude for the subject studied, Newton’s equation 

(F = ma) was used as reference and the PC-synthesized GRF curves were linearly 

scaled to best fit the Newtonian dynamics method-calculated magnitude and onset-

offset timing.   

4.2.4 Concurrent Optimization of Muscle Activation and Kinematics 

The COMAK algorithm [46] was implemented to solve for the secondary knee 

mechanics during the stance phase of running. For each instant, primary kinematics (3-
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hip, 1-TF flexion, 1-ankle flexion) were set from synthesized kinematic data and muscle 

activations were optimized to minimize the sum of squared muscle activations (Equation 

4-1), which roughly approximates maximal endurance [88].  Secondary knee kinematics 

(5-TF, 6-patellofemoral) evolved naturally as a function of muscle, ligament, and 

cartilage contact forces, subject to constraints of zero instantaneous acceleration.  

Equation 4-1 Muscle force distribution cost function used in COMAK 

𝑱 =  𝒎𝒊𝒏 ∑ 𝑾𝒊 ∗ 𝑽𝒐𝒍𝒖𝒎𝒆𝒊 ∗ 𝒂𝒊
𝟐

𝒏𝒎𝒖𝒔𝒄𝒍𝒆

𝒊

 

Where: Wi = Muscle Weight, set to uniform value of 1 

   Vi = Muscle Volume 

   ai =Muscle Activation  

 

4.2.5 Estimating Knee Contact Location 

The COMAK-Joint Mechanics tool was used to compute and visualize estimated contact 

information (center of pressure and area). First, the baseline “pre-trauma” knee contact 

path was computed using an intact knee model and a single experimental trial from the 

representative subject, referred to as the IntactBaseline simulation.  Second, using the 

same baseline kinematics, the ACL was virtually resected and an ACLd simulation was 

performed (ACLdBaseline) to simulate running with an injured knee but unaltered 

kinematics. The IntactBaseline simulation TF contact center of pressure was compared to 

that of the ACLdBaseline simulation to confirm posterior shift in contact location on the 

tibial plateau due to virtual ACL resection. Finally, 100 novel kinematic trials were 
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simulated for the ACLdSynthesized condition.  All trials were compared to the IntactBaseline 

contact locations.  

4.2.6 Analysis 

To determine whether each running style has shifted contact location and magnitude 

toward the IntactBaseline condition, two error metrics were derived from the tibial cartilage 

contact. These were: 

• RMS Pressure Difference (PDRMS) – the RMS difference in average pressure 

experienced on each element in the tibial cartilage, between the simulated 

IntactBaseline and ACLd trials (Equation 4-2) 

o For this metric, Paraview was used to implement the temporal statistics 

filter which calculates the mean pressure applied to each of the 8602 

elements of the tibial cartilage throughout the entire trial (stance phase). 

Equation 4-2 PDRMS equation.   The root mean square error between the mean pressure over the 
100 frames of the trial applied to each element (n=8602) in the synthesized and IntactBaseline trials 

𝑃𝐷𝑅𝑀𝑆 =  
√∑ (

∑ 𝑃𝑟𝑒𝑠𝑠𝑢𝑟𝑒𝑠𝑦𝑛𝑡ℎ𝑒𝑠𝑖𝑧𝑒𝑑
101
1

100 −
∑ 𝑃𝑟𝑒𝑠𝑠𝑢𝑟𝑒𝑏𝑎𝑠𝑒𝑙𝑖𝑛𝑒

101
1

100 )

2

8602
1

8602
 

• Mean pressure outside baseline (MPOB) – the mean pressure experienced 

throughout stance on tibial cartilage elements outside of the IntactBaseline knee 

contact area 
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o For this metric, Paraview was also used to calculate the mean pressure 

per element. The elements that were loaded in the intact trial were all 

removed and then the mean was calculated from the remaining elements 

(Figure 4-4). 

  

Figure 4-4 Mean pressure outside baseline (MPOB) visual representation. The black areas 
represent where IntactBaseline tibial cartilage was cumulatively loaded. The mean of the coloured 
regions represent the MPOB.  

For simplicity, these two metrics were combined into a single overall metric (Equation 

4-3) called Deviation from IntactBaseline (DFI): 

Equation 4-3 Deviation from IntactBaseline equation. Metric used to compare TF contact combining 
PDRMS and MPOB. 

𝐷𝐹𝐼 = 𝑃𝐷𝑅𝑀𝑆 + 𝑀𝑃𝑂𝐵 

Synthesized trials were grouped into “better than baseline” or “worse than baseline” 

depending on whether the DFI was smaller or larger than the ACLdBaseline simulation. 
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Trends were studied by calculating correlation coefficients (Pearson’s r, with 

corresponding p values) between PC score values and knee contact location DFI as 

well as between kinematic parameters (initial flexion angle, mid-stance flexion angle, 

peak flexion timing for knee, ankle, and hip as well as final knee flexion angle) and DFI. 

Synthesized kinematics were visually compared with experimental ranges of motion to 

ensure running styles were realistic.  

4.3 Results 

ACL deficiency caused a posterior shift in TF contact, when comparing the original 

baseline kinematics simulated on an intact and an ACLd model (Figure 4-5). The center 

of pressure paths remained similar in shape, however, the ACLd simulation contact path 

shifted approximately 4mm posterior compared to the intact simulation (Figure 4-5, (a)).  

The greatest posterior contact shift occurred during mid-stance (approximately 50%) as 

shown by the posteriorly shifted pressure maps for the ACLdBaseline case (Figure 4-5, 

(b)).  
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Figure 4-5 Knee contact center of pressure for baseline intact and ACL deficient.  (a) shows the 
path of the center of pressure for baseline kinematics on an intact and an ACL deficient knee. (b) 
shows contact pressure at 0,25,50,75,100% stance phase. As can be seen from both, the contact 
in the ACLd case is more posterior than for the intact case, meaning the tibia has translated 
further anterior.  

Of the 100 ACLdSynthesized  trials, 19 had TF contact locations that were closer to the 

intact (healthy) simulation with baseline kinematics, as quantified using the DFI metric, 

than the simulated ACLdBaseline (Figure 4-6).  Of these 19 “improved” simulations, the 

best synthesized trial had a total DFI of 1.81MPa (Trial #64,Figure 4-6).  
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Figure 4-6 Deviation from Intact (DFI) values for 100 synthesized trials. Colour coded to represent 
whether the synthesized running style allowed contact error to be less than (red) or greater than 
(cyan) that of the ACL deficient baseline kinematics case (solid black line)).  

Though not statistically tested, running kinematics for the “best” ACLdSynthesized trial 

differed from the baseline kinematics. Looking at some discrete stance phase 

kinematics for the minimum deviation trial (#64) (Figure 4-7(a&b)), lumbar flexion was 

greater for the “best” vs original baseline kinematics for the entirety of the stance phase, 

reaching a peak increase in lumbar flexion of approximately 15 degrees at mid-stance. 

The hip flexion angle for 10-100% of the stance phase was also greater for the best vs 

baseline trial with a peak difference of approximately 15 degrees (Figure 4-7). Knee 

flexion was greater for the first 40% (~10 degrees) of stance and for the last ~10% (~15 

degrees). For the first 60% and last 10%, the ankle flexion angle was greater in the best 

ACLdSynthesized trial compared to the baseline kinematics.  
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Contact pressures were qualitatively similar for both the ACLdSynthesized and IntactBaseline 

simulations which was expected seeing as it had the minimum DFI (Figure 4-7 (c&d)). 

The TF contact area shifted laterally and slightly anteriorly at 25% stance and slightly 

posteriorly at 75% of the stance phase compared to the healthy baseline tibiofemoral 

contact (Figure 4-7 (e); red = direction of contact shift).  
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Figure 4-7 Contact pressure and kinematics differences for IntactBaseline simulation (blue) vs the 
closest to original contact path synthesized trial (#64) (red). Differences in kinematics can be seen 
(a) including increased lumbar flexion angle in the synthesized trial as well as decreased hip 
flexion and increase knee and ankle flexion angles for the first half and the very end of stance. 
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Visual representation of the kinematics was shown in (b) where kinematics were applied to the 
musculoskeletal model. Sections (c) and (d) show the individual pressure maps for the 
synthesized and IntactBaseline trials, respectively. The differential contact maps (e) show that the 
IntactBaseline simulation computed larger contact pressure on the anterior region of contact area 
during mid-stance. Larger contact pressures from the synthesized trial were more lateral at 25% 
stance and posterior at 75% stance compared to the IntactBaseline contact.    

Significant, but weak (R < 0.3), correlations were observed between DFI and PC score 

values (PCs 1&2, p<0.05) (Figure 6-7) as well as between DFI and some discrete 

kinematic parameters including initial and mid-stance knee flexion angle, peak knee 

flexion timing, and mid-stance hip flexion angle (p<0.05) (Figure 4-8). Additionally, some 

thresholds (vertical lines, Figure 4-9) were observed, beyond which no Improved DFI 

trials were detected. For example, lumbar extension greater than ~5 degrees in the 
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second half of the stance only worsened DFI (Figure 4-9).  Kinematic thresholds 

grouped improved kinematic styles are summarized in Table 4-2. 

 

Figure 4-8 Kinematic parameters vs knee contact error. Red data points represent synthesized 
kinematics trials where the knee contact deviation from intact (DFI) was less than the deviation 
between the baseline intact and baseline ACLd and cyan data points are where DFI was larger. 
Vertical lines and arrows are shown to represent thresholds of where the better (red) trials were 
grouped for that parameter.

r = -0.286 
p = 0.004 

r = -0.008 
p = 0.936 

r = 0.080 
p = 0.428 

r = 0.253 
p = 0.011 

r = 0.111 
p = 0.270 

r = 0.343 
p = 0.0005 

r = 0.278 
p = 0.005 

r = 0.040 
p = 0.695 

r = -0.168 
p = 0.094 
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Figure 4-9 Kinematics for synthesized trials compared to baseline  (black curve) where the shaded 
curve shown in red is the range for trials where deviation from intact (DFI) was below the baseline 
ACLd trial and the shaded region shown in cyan represent the kinematic ranges for trials with DFI 
greater than the baseline ACLd trial. Solid red/cyan lines are best/worst error trials 
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Table 4-2 Improved knee contact kinematic parameter thresholds 

Kinematic Parameter Value 

Initial Knee Flexion  > 8 deg 

Mid-Stance Ankle Flexion < 32 deg 

Peak Knee Flexion %Stance < 45% 

Peak Ankle Flexion %Stance > 40% 

Final Knee Flexion > 15 deg 

4.4 Discussion 

The goal of this research was to investigate whether kinematic modifications can shift 

ACLd tibiofemoral contact back towards IntactBaseline contact location for running. After 

virtually resecting the ACL in a single subject, one hundred running styles were 

simulated at a single speed to determine if tibiofemoral contact location and magnitude 

could be restored to, or at least shifted back towards, the IntactBaseline contact path. As 

expected, ACL deficiency caused excessive anterior tibial translation, and therefore, a 

posterior shift in the tibiofemoral contact location throughout stance (Figure 4-5).  While 

none of the synthesized trials produced knee contact locations that exactly matched the 

original IntactBaseline locations, a variety of kinematic running styles (N=19) were found to 

restore ACLd TF contact to locations that were closer to the IntactBaseline condition, 

versus maintaining unaltered running kinematics with an ACLd knee. It is unclear 

whether the shift in contact will result in clinical improvement. While these “improved” 
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running styles varied considerably in kinematics (Figure 4-9), there were some 

thresholds visible beyond which no “improved” trials were observed (Table 4-2). 

Kinematics were visually inspected rather than statistically compared because only one 

pilot subject was studied and therefore, any observed differences may be subject 

specific and cannot be applied to the general population.  

While synthesized kinematics fell within realistic bounds (Figure 3-5), they must be 

validated in-vivo to determine whether they are actually achievable. With future 

progression to biofeedback in mind, trends would be helpful in developing coachable 

modifications. Several weak, significant trends were discovered between PC scores and 

DFI (Figure 6-7) and between DFI and discrete kinematic parameter values (Figure 

4-8). The increase in lumbar flexion angle may cause lower back pain after long 

durations of running in this style, but the peak was not excessive and was found to be 

within normal lumbar angle ranges [89], therefore it seems to be a safe running style.  

While the kinematics of the best synthesized trial (#64, Figure 3-5) fall within 

experimental ranges of motion, this style of running may not be feasible, or the same 

improvement may not be seen in-vivo.  Future work should implement biofeedback to 

test these running styles in-vivo to not only verify the TF contact changes, but also 

whether the running style is achievable.   

When comparing the best ACLdSynthesized kinematics with experimental ACLd kinematics, 

it was found that typical ACLd participants run with asymmetry, quantified by lower 

maximum ACLd knee flexion angles (by ~4 degrees) than the intact contralateral limb 

[85], [90]. In this study, the best ACLdSynthesized trial peak knee angle was only 1 degree 
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less than baseline (intact); thus, it may be possible to restore running symmetry while 

preserving (or possibly even improving) knee mechanics. This previous research on 

ACLd running styles focussed on only knee kinematics and compare the ACLd 

kinematics to the intact kinematics of the contralateral knee from the same trial [85], 

[90]. For the present study, running kinematic styles were synthesized to be symmetric 

and while this constraint is beneficial to preserve muscle balance and prevent injury 

caused by compensation, it also limited the solutions as asymmetry could reduce TF 

load magnitudes. For example, an extreme limp would grossly decrease knee contact 

force magnitude; however, because the goal was to restore knee contact location and 

magnitude, it is unlikely that a severely asymmetrical style would be chosen.  

There are many metrics that could have been used to quantify changes in tibiofemoral 

contact.  For example, Smith et al. [39] quantified contact location changes by the 

center of pressure position, and [43] compared anterior tibial translation curves over the 

stance phase.  In this study, the DFI metric comprised of PDRMS and MPOB error 

metrics was chosen over an unweighted error or correlation coefficient because it 

accounted for both the translation and magnitude of pressure applied to the area of 

cartilage. This analysis considered only cumulative, not instantaneous, loading metrics, 

under the assumption that if the contact remains on conditioned areas then the knee 

cartilage will benefit. However, there was no way to know whether the mean pressure 

represents a consistent pressure or large spikes. Time was not considered to prevent 

any penalty from being applied if the contact was on different conditioned regions of 

cartilage compared to the IntactBaseline at specific instances. It is more important that 

high pressures are applied to conditioned (frequently loaded) regions of cartilage rather 
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than having a similar contact path trajectory but offset [76], as was found in the baseline 

ACLd simulation (Figure 4-5). Additionally, MPOB was analyzed because the objective 

was to move the knee contact location back towards its original pre-trauma location. 

This measure allows the pressure applied outside of the conditioned area to be 

quantified and compared for the synthesized trials. Some outlying synthesized trials (N 

= 7) dislocated during the simulation, likely experiencing large increases in pressure 

until dislocation and then no pressure afterwards, which the mean will not capture. 

However, visual inspection of the simulations found that dislocating trials had large 

deviations from intact contact location.  

Ideally, the PDRMS and MPOB would be zero if the contact location was restored to the 

exact pre-trauma paths. However, this study tested a limited sample of 100 different 

sets of kinematics, synthesized from a relatively low-variability database, as a test case 

(N=1 subject, 1 speed) to determine whether altering kinematics could shift knee 

contact locations back towards pre-trauma paths. To use this method to determine 

whether contact can be fully restored, more running kinematics styles should be 

synthesized from a more diverse data set and compared to the IntactBaseline. In order to 

fully restore pre-injury performance, various running speeds should also be studied. To 

improve the chances of minimizing deviation from intact contact location, a larger 

database should be used to develop running kinematics because the limited and low 

variance subject set used to develop the model in this research likely doesn’t 

encapsulate all running ranges of motion [73].  
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The predicted deviation from intact should be validated in-vivo to determine whether the 

same shifts in contact occur. Some of the limitations included in contact location 

computation include the musculoskeletal model properties and error introduced from the 

optimization process in COMAK. Musculoskeletal models are helpful tools because they 

allow for detailed analyses of factors that are challenging to study in-vivo; however, 

these analyses can be sensitive to model properties such as muscle strength, mass 

distribution, or soft tissue artifact which are difficult to accurately measure and apply to 

the model [47]. Muscle activation has been found to differ between intact and ACLd gait 

[81], with larger hamstring activations in ACLd patients, which was not accounted for. 

However, because the model was kept consistent between trials, the results are 

primarily sensitive to the changes in kinematics. Nevertheless, further verification on the 

secondary knee kinematics and muscle activations must be done in-vivo to determine 

whether these predicted changes in contact location are accurate.  

Model modifications were made because the existing model was previously validated in 

low-velocity MRI and gait [33] rather than running, and would dislocate during running 

trials. A suspected factor causing the frequent dislocations was the lack of meniscus, 

which contributes to stability in ACLd knees [23]. Therefore, equivalent resistance 

springs were added to the knee model, and their stiffnesses tuned to match the net 

mechanical behavior of the ACLd knee. The stiffness values used for this study are 

comparable with those previously used in literature with AP translation stiffness of 

8N/mm and ML of 7N/mm [51], where this research used 100N/mm in the ML direction 

and a non-linear stiffness function of 0.125*(APtranslation)3 for AP translation, which, at 

low displacements, provides very little force (1mm = 0.125N) but then as displacements 
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increase, significantly larger stabilizing forces are applied (10mm = 125N). The increase 

in stiffness values was found to be acceptable because the previous study determined 

stiffness values from 100N-loaded flexion/extension curves rather than gait. 

Additionally, ML stiffness of 100N/mm was added to the PF joint to prevent 

patellofemoral dislocation.  This was deemed acceptable, as patellofemoral contact 

crucially depends on the geometry of the interface (which was not subject-specific), and 

the ML stiffness should not have altered TF mechanics beyond ensuring that 

quadriceps forces were routed correctly. 

The results were sensitive to the equivalent spring stiffnesses chosen to represent the 

menisci. Because the forces applied by these springs are directly related to the 

kinematics, the spring stiffness values play a large role in the DFI and if they were 

changed, different results would be expected.  The spring stiffnesses were tuned to 

generally agree with TF kinematics that were estimated from skin-mounted motion 

capture markers which have error associated with soft tissue movement. However, 

these were the only available data for intact and ACLd running TF kinematics. The skin-

mounted motion capture kinematics, while being the only option to use to tune spring 

stiffnesses, are likely inaccurate. Tashman et al. [37] found intact secondary kinematics 

for 0.1 seconds after heel-strike using medical imaging methods, which provide more 

accurate results than skin-mounted motion capture. The medically imaged results 

differed largely from those of the skin-mounted motion capture with Waite et al. [85] 

observing an average of 0mm ATT from HS to maximum knee flexion where Tashman 

et al. [37] found ~8mm ATT from HS to 0.1 seconds into stance, at which maximum 

knee flexion is not yet achieved. This is another reason to validate the ACLd 
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synthesized trials in-vivo to investigate not only if the kinematics are feasible, but also if 

they translate to the same secondary kinematics modifications. While it was beyond the 

scope for this research, it would be beneficial to complete a sensitivity analysis on the 

spring stiffness values and compare the secondary kinematics to in-vivo. 

In conclusion, this research has shown that changing running kinematics post-ACL 

rupture is beneficial (N=1 subject) in order to help shift tibiofemoral contact location 

closer to healthy, intact contact paths. Simulation results showed that it is possible to 

shift contact closer to healthy, baseline contact locations but not to completely restore 

them by altering whole-body running kinematics after ACL injury. Interestingly, a wide 

variety of dissimilar running styles have been found to shift contact closer to baseline 

which is beneficial as it may allow a patient to adopt a new running style more similar to 

their original self-selected style. As found in the running kinematics analysed for this 

study, thresholds that appear to help to shift contact location back towards pre-trauma 

include initial and final knee flexion angles greater than 8 and 15 degrees respectively. 

This indicates that from this pilot study, initial stance joint angles should be studied 

when modifying ACLd patients’ gait.   
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  Conclusions and Recommendations  

The overall goal of this research was to determine whether modifying running 

kinematics can shift TF contact location back to intact, baseline running style paths. 

This was done by first developing a method to synthesize running kinematics and to 

predict their corresponding ground reaction forces. These synthesized trials were then 

simulated with a scaled musculoskeletal model, and TF contact was predicted and 

compared to IntactBaseline contact. While none of the synthesized trials fully restored 

contact location, several were able to shift it back towards the IntactBaseline path showing 

that yes, it may be worth modifying running kinematics to prevent cartilage damage.    

These synthesized trials must be tested in-vivo with accurate tracking technology 

(fluoroscopy, dynamic MRI, or bone-pin markers) to verify secondary knee kinematics 

and contact paths before confidently concluding that they move contact back towards 

intact locations or are even feasible running styles. Musculoskeletal modelling will 

always have error associated with its output due to the error present with experimental 

input data, subject model parameters and scaling, and dynamic inconsistencies within 

the different input data [47]. However, this method has become a widely used and 

accepted way to analyze forces and motion in the body.  

Enhancements could be made to improve accuracy of the musculoskeletal model by 

adding a meniscus into the knee as well as using MRI from the data-set subjects to 

further personalize the bone shapes and ligament and muscle positions for the studied 

subject. The meniscus was a large source of uncertainty in these simulations. While the 

equivalent resistance springs were ultimately decided on for computational efficiency 
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and ease of implementation, they eliminate the contact between meniscus and femur 

that helps to disperse force and reduce contact pressures.  

Another important note on the input dataset is that it was relatively limited and, while it 

does have 200 samples, they are from only 10 subjects who are all very 

anthropometrically similar and this likely does not represent the variance in human 

running. This limited dataset is beneficial for synthesizing kinematics for someone 

similar to the subjects in age, fitness level, size, and BMI as they can be expected to 

have similar ranges of motion and strengths. However, this model should not be used to 

synthesize motions for a subject who differs from the dataset-subjects, because the 

running styles produced may not be feasible for them. In the future, a larger dataset 

should be developed and effects such as age, sex, running experience, etc. 

investigated to see if adding filters to the dataset to customize it for the subject would be 

beneficial in developing feasible running styles only.  

To further this research, an optimizer could be implemented that is able to run the entire 

process (synthesize kinematics, predict GRFMs, estimate contact location) and adjust 

the PC scores used to synthesize the kinematics iteratively to move the contact 

locations closer to baseline. This will ensure that if there is a way to fully restore contact, 

it will be found.  As mentioned, a limitation to using an optimizer is that many similar 

trials will be developed rather than a high variety. This was not implemented in this 

study due to computation and time restraints, as well as the desire to analyze a wide 

variety of kinematics to determine whether any kinematic trends were present that shift 

contact back towards intact locations. An alternative to implementing an optimizer would 
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be to use parallel computing to increase the number of random score trials from 100 to 

1000 or 10000 to minimize deviation between the intact healthy knee contact location in 

running and the ACL deficient kinematics. 

In conclusion, changing running kinematics does alter knee contact location and can 

shift it closer to the pre-injury paths. This method should be further investigated with 

hopes of restoring knee contact location post ACL rupture in order to reduce cartilage 

damage caused by loading unconditioned cartilage regions which leads to post-

traumatic knee osteoarthritis.  
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 Appendices  

Appendix A – Reference Figures 

 

Figure 6-1 Anatomical position reference terms. 
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Figure 6-2 Cadaver compared tibial translation and rotation laxity (intact) and difference between 
intact and ACL deficient [84]. Compressively loaded with 90N axial force and flexed from fully 
extended to 110 degrees. The modified model laxity and difference data were computed from a 
simulation where the knee model with equivalent resistance springs was passively flexed from full 
extension, to 100 degrees, and back to full extension. Originally, meniscus equivalent resistances 
were tuned to more closely match this data; however, the results spring stiffnesses did not 
provide enough stability to prevent frequent dislocation in running.  
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Appendix B – Additional Kinematics  

 

Figure 6-3 Arm kinematics throughout stance phase.  Cyan represents synthesized trials that 
caused more pressure to be applied outside of the IntactBaseline contact regions than the ACLd 
baseline kinematics simulation. Red curves represent synthesized trials in which the contact 
regions are closer to the  IntactBaseline than the ACLdBaseline contact. Black line represents the 
baseline kinematics. 



 

104 

 

Figure 6-4 Hip kinematics throughout stance phase.  Cyan represents synthesized trials that 
caused more pressure to be applied outside of the IntactBaseline contact regions than the 
ACLdBaseline kinematics simulation. Red curves represent synthesized trials in which the contact 
regions are closer to the IntactBaseline than the ACLdBaseline contact. Black line represents the 
baseline kinematics. 
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Figure 6-5 Pelvis kinematics throughout stance phase.  Cyan represents synthesized trials that 
caused more pressure to be applied outside of the IntactBaseline contact regions than the 
ACLdBaseline kinematics simulation. Red curves represent synthesized trials in which the contact 
regions are closer to the IntactBaseline than the ACLdBaseline contact. Black line represents the 
baseline kinematics. 
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Figure 6-6 Lumbar kinematics throughout stance phase. Cyan represents synthesized trials that 
caused more pressure to be applied outside of the IntactBaseline contact regions than the 
ACLdBaseline kinematics simulation. Red curves represent synthesized trials in which the contact 
regions are closer to the IntactBaseline than the ACLdBaseline contact. Black line represents the 
baseline kinematics.  
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Figure 6-7 Scatter plot between error and PC score value. Weak but significant trends are seen for 
PCs 1 and 2. However, no strong trends are present that would indicate certain ranges of score 
values for any of the 9 retained PCs lead to reduced knee contact DFI.  
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